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Chapter I
Introduction
I.1 Motivation
The Vanderbilt University Mark-III Free Electron Laser (FEL) is a continuously tunable
source of pulsed mid-infrared (IR) radiation with a tuning range of λ ≈ 2 − 10 µm. The
wavelength tunability of the FEL makes it an excellent research tool for investigating the
feasibility of new medical laser procedures. Traditionally, the choice of laser wavelengths
for a medical procedure has been limited to commercially available laser systems with a
fixed wavelength. With the FEL comes the possibility of choosing a wavelength based on
the requirements of the procedure and the desired outcome, rather than the more common
practice of developing a procedure around the available laser sources in a “reverse-engineered”
fashion. Because of the considerable flexibility that the FEL provides, it is well suited
to aid the development of novel procedures. However, FEL’s are large, expensive devices
which require extensive expertise just to operate, and are not likely to be found in every
operating room. Consequently, the development model of surgical procedures employed in
the FEL center involves using the FEL to determine the ideal laser parameters for a given
procedure, and then having industrial partners develop compact, less expensive systems that
are designed to produce the best clinical outcome for a specific procedure.
The ability to design a medical laser procedure that results in the best clinical outcome
relies on having a thorough knowledge of the role of all the laser parameters in a procedure.
This can only be done when there is a clear understanding of the mechanism of interaction
of the laser light with the tissue. Laser tissue interactions can loosely be classified into
photothermal, photomechanical, or photochemical interactions, however, most interactions
do not fall clearly into one of these categories, and often multiple processes are competing
with each other. Hence, it is extremely difficult to unravel the mechanism of interaction. To
date, many studies have been carried out (see chapter II) investigating the effects of FEL
irradiation on biological tissues, but the results of these studies have not presented a clear
picture of the mechanism involved, and in many cases, conflict with each other. Despite
the lack of a clear understanding of the processes involved, the Vanderbilt FEL is currently
being used in a clinical setting to test the feasibility of its use in human neurosurgical and
ophthalmic procedures.
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I.2 Research Objectives
The overall goal of this research project is to gain a deeper understanding of the processes
involved in the ablation of soft tissues with the FEL. An investigation into the mechanism of
laser ablation of biological tissues is a complicated problem in itself, but it is made more so
due to the nature of the FEL characteristics. For example, while the wavelength tunability
of the laser provides much flexibility for investigating potential applications, it complicates
basic investigations on the interaction mechanism since changing the laser wavelength can
potentially change the chromophore and absorption properties for a given sample. In the mid-
IR spectrum, most soft tissues are primarily composed of water, however, several prominent
protein absorption lines exist as well, and one can expect that the interaction mechanism and
ablation mechanics would be significantly different depending on the acting chromophore.
Further, the pulse characteristics of the FEL place it in a unique temporal regime. The
pulse consists of a ≈ 5 µs macropulse that consists of a 3 GHz train of micropulses with a
1 ps duration. This pulse structure presents the possibility of producing a number of types
of interactions, ranging from purely photothermal, to possibly photomechanical effects due
to the short duration micropulses.
Several studies have been published (see chapter II) suggesting that protein absorption
plays a major role in the ablation of soft tissues with the FEL, however the effect of the
temporal pulse characteristics of the FEL have been largely ignored. The working hypothesis
of this dissertation is that the unique pulse structure of the FEL plays a role in the ablation of
soft tissues, and the high-quality ablations that are typically observed can not be explained
by the selective absorption of the FEL radiation by tissue protein alone.
In order to fulfill the overall research goal, several techniques have been employed to
investigate the ablation process from a variety of standpoints, in the hope that a consistent
picture of the process can be drawn. First, an integrative view of the ablation process is taken
by looking at the macroscopic effects of soft tissue ablation with the FEL over a broad range
of wavelengths to get an overall picture of the process. This was done by analyzing the depth
of the craters produced by the ablation of soft tissue. Second, a more detailed view is taken
by investigating the ablation dynamics at specific wavelengths. The acoustic stresses that
are generated from FEL irradiation of soft tissue are analyzed to reveal information about
the dynamics involved in the process. Finally, a microscopic view was taken to investigate
the effects that the short micropulses have on the ablation process. This was carried out
using numerical modeling which allows the study of processes on time scales that are too
short to study experimentally.
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I.3 Overview of Dissertation
The body of this dissertation is essentially divided into three independent manuscripts
that have been submitted, or prepared for submission, to peer reviewed journals. The
manuscripts are preceded by some background material, and followed by some concluding
remarks. Chapter II presents a brief review of the previous research that has been performed
investigating tissue ablation with the FEL.
The background material is followed by Chapter III, which presents a manuscript that has
been submitted for review to Lasers in Surgery and Medicine, titled, “Free Electron Laser
Ablation of Skin: Measurement of Ablation Depth and Threshold.” This paper reports the
findings of experiments in which the FEL was used to irradiate rat dermis over a broad range
of wavelengths. The ablation depth and ablation threshold were measured and analyzed by
applying the data to theoretical models predicting the results. The data analysis was used
to draw conclusions about the overall effects of soft tissue ablation with the FEL, from an
integrative viewpoint.
Chapter IV present a manuscript that has been prepared for submission to Physics in
Medicine and Biology, titled, “The Effect of Protein Absorption and Mechanical Strength
in the Ablation of Soft Tissue with a Free Electron Laser.” In this paper, the acoustic
transients that are generated during FEL irradiation of gelatin and rat dermis are measured
and compared to theoretical models predicting the results. By comparing the results of the
analysis performed in samples with differing material properties, and at wavelengths where
different chormophores dominate absorption, conclusions can be drawn about the ablation
mechanics from a dynamics standpoint.
Chapter V presents a manuscript entitled, “Modeling the Effects of Pulse Structure
and Dynamic Absorption During Free Electron Laser Ablation of Soft Tissue” and will
be submitted to Applied Optics. This paper describes the results of numerical simulations
that were performed to investigate the role that the FEL micropulses have on the ablation
process on very short time scales. It also reports on the effect that dynamic absorption has
on ablation, based on a saturation model of water.
Finally, chapter VI summarizes the work in whole, and draws conclusions about how
the results of each manuscript relate to each other. It also presents suggestions for future
directions to continue the research.
The body of the dissertation is followed by Appendix A, which contains a manuscript
that has been published in Fiber and Integrated Optics. This paper reports on some aspects
of a clinical beam delivery system that was designed and constructed in our laboratory,
to use the FEL for neurosurgery. Specifically, a hand-held surgical probe was built using
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hollow dielectric waveguides to deliver the FEL radiation to the operating field. The paper
describes the effects that hollow waveguide transmission has on the FEL pulse characteristics
and discusses the implications on surgical procedures. This manuscript was included as an
appendix because it does not include information regarding the mechanism of tissue ablation
with the FEL, however, it does represent a significant amount of time and effort that was
invested at the early stages of the research project.
I.4 Original Contribution
The work presented in this dissertation represents a significant contribution to the laser-
tissue interaction field of research. It addresses fundamental questions regarding the nature
of the ablation process in soft-tissues, specifically with a free electron laser. To the best
of the author’s knowledge, the first quantitative evidence is presented implicating protein
absorption as a major factor in IR soft tissue ablation. Furthermore, the relationship of the
protein structural matrix in soft tissues and its impact on the mechanical strength of the
tissue is outlined. These contributions are important because it changes the traditional view
of IR soft tissue ablation being completely dependent on the optical and thermal properties
of water. This work demonstrates that factors including protein absorption and material
strength play a significant role in soft tissue ablation, and must be taken into account when
developing models of ablation and designing clinical procedures.
5
Chapter II
Background
II.1 Laser Ablation of Soft Biological Tissues
Laser ablation of soft tissues is performed routinely in clinical procedures and research
experiments, however, even after years of studying the mechanisms involved in the process,
questions still remain. Most soft tissues are primarily composed of a solid protein matrix
that gives the tissue its mechanical strength surrounded by liquid water. Depending on the
laser used and the tissue being irradiated, any one of several responses may be observed from
the ablation of soft tissue, which may arise from a variety of mechanisms. Generally, the
results of soft tissue ablation can be grouped by the region of the spectrum that the laser
operates in; either ultraviolet (UV) or infrared (IR).
II.1.1 UV Photoablation
In UV photoablation, the primary tissue chromophore is the protein contained in the
structural matrix of the tissue. The mechanism of ablation has been described by both
photochemical [1] and purely photothermal models [2]. For material to be removed, bonds
that hold the tissue together must be broken. The photochemical model of ablation involves
the direct absorption and breakage of the bonds by high energy photons in a process termed
photoablative decomposition [1], while the photothermal model involves the rapid heating
and subsequent denaturation of the structural matrix which allows for tissue decomposition
[2]. UV ablation of soft tissue typically appears to be a surface-mediated process that is
characterized by clean margins around the ablation site with little collateral damage [3], and
the material ejected during ablation appeared to be composed of a fine mist, suggesting that
most of the irradiated volume had been vaporized [3]. It has also been observed that the
onset of material removal occurred immediately following the incident laser pulse [2].
II.1.2 IR Photoablation
In IR photoablation, the primary tissue chromophore is the liquid water that surrounds
the structural matrix. The mechanism of ablation is involves a purely photothermal in-
teraction. In one common model, the tissue water absorbs the incident radiation and is
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superheated to temperatures above the boiling point of liquid water at atmospheric pres-
sure. This leads to a phase explosion when the superheated water temperature approaches
the critical temperature, which is the point at which water can no longer remain a liquid,
regardless of the surrounding pressure. Material is removed by fracturing the tissue matrix,
and ejecting the solid material. This explosive process is typically characterized by the me-
chanical tearing of tissue surrounding the ablation site [4], and observations of the ablation
plume have described the ejected material as being particulate in nature [5, 6]. It has also
been observed that the onset of material removal is delayed with respect to the incident
laser pulse [7], suggesting that it takes some time in order for the tissue water to achieve the
superheated state.
II.2 FEL Ablation of Soft Tissues
II.2.1 Effect of Protein Absorption
Much of the previous research investigating the mechanism of soft tissue ablation with the
FEL has been focused on determining the effect of protein absorption. The results published
from previous studies generally fall into one of two categories; those that support the theory
that protein absorption plays an important role in the ablation process, and those that do
not.
Traditionally, IR laser ablation of soft tissues has focused on using the strong water
absorption peak around λ = 3.0 µm to rapidly heat the tissue beyond vaporization tempera-
tures, thereby removing tissue during this explosive process. Only recently have researchers
begun to consider targeting various absorption bands of proteins as a means of laser abla-
tion. The first of these was reported by Edwards et al. [8], where they investigated several
wavelengths between λ = 3.0− 6.85 µm using cadaver cornea. It was observed that a maxi-
mum ablation yield and minimal collateral damage occured at a wavelength of λ = 6.45 µm,
which corresponds to the amide II absorption band of protein. These results were compared
to those from λ = 3.0 µm which had a lower ablation yield and more thermal damage and
were explained by the fact that at λ = 3.0 µm, the macropulse of the FEL is not thermally
confined, allowing heat to be conducted into the tissue during the laser pulse. With a pen-
etration depth one order of magnitude greater than at 3.0 µm, one would not expect to see
higher ablation rates at 6.45 µm. To account for this, Edwards et al. [8] originally proposed
an ablation model involving a partitioning of the absorbed energy between the protein and
water components of tissue. Some of the incident laser light is absorbed by the amide II
bonds in protein. It was postulated that this energy heats the structural proteins of the
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tissue beyond its melting point which compromises the mechanical integrity of tissue while
the liquid-vapor transition of the heated water develops a pressure head driving the ablation.
Since the initial study by Edwards et al. [8], several studies have presented evidence that
protein absorption does not play a significant role in the ablation process. Tribble et al.
[9] investigated the ablation dynamics of gelatin which has absorption properties similar to
most soft tissues. The gelatin was irradiated with several wavelengths of the FEL, including
λ = 3.0, 3.36, and 6.45 µm. Pressure transients were recorded for each of these wavelengths
and at radiant exposures below the ablation threshold, the stress waves followed the standard
model of thermoelastic expansion. However at laser radiant exposures above threshold,
two types of ablation dynamics were observed. They used shadow imaging to monitor the
ablation plume with a second laser beam perpendicular to the FEL. At a wavelength of
3.0 µm, a single maximum of the shadow was seen, while at both 3.36 and 6.45 µm, a second
maximum was resolved at later times. In addition, at 3.36 and 6.45 µm the duration of the
momentum recoil was twice as long as at 3.0 µm, implying that the dynamics that govern
the ablation are similar for λ = 3.36 and 6.45 µm. At λ = 2.94 µm, water is the dominant
absorber in gelatin and most soft tissues, with a penetration depth of only≈ 1 µm, whereas at
6.45 µm, protein represents a significant percentage of the overall absorption cross-secction,
and contributes to the penetration depth of ≈ 10 µm. It should be noted that while protein
absorption is strong at λ = 6.45 µm in soft tissues, water also absorbs the incident radiation
strongly as well. The wavelength 3.36 µm was chosen for study because it has the same
penetration depth as at 6.45 µm, but without the protein absorption. The findings by Tribble
et al. [9], that at 3.0 µm the momentum recoil was much faster than at either 3.36 or 6.45 µm,
is not surprising since the penetration depth is an order of magnitude smaller. Furthermore,
the fact that the ablation dynamics were similar for 3.36 and 6.45 µm suggests that the
ablation process is governed by the overall absorption cross section of the sample, rather
than the selective absorption of the individual components. However, the interpratation
of the data by Tribble et al. is debatable because the irradiation conditions were not held
constant from one experiment to another.
Following the lead set forth by the early investigations of the role of protein absorption
in ablation, Auerhammer et al. [10] studied a wide range of IR wavelengths with the FELIX
free electron laser at Rijnhuizen in the Netherlands. Using porcine cornea as a tissue model,
wavelengths between 6 ≤ λ ≤ 20 µm were investigated, focusing on the range 6 ≤ λ ≤ 8 µm
where protein absorption becomes significant due to the excitation of the amide (I–V) modes.
They found that the ablation thresholds exhibited a clear inverse proportionality to the
overall corneal absorption coefficient, which was given by the weighted sum of the absorption
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coefficients of the individual chromophores according to:
µa,cornea = A · µa,water + B · µa,protein, (II.1)
where A and B are the mass fractions of each chromophore, and it appeared that the laser
light was absorbed homogeneously, i.e.—no preference was given to the structure of the
absorber.
While some of the data presented by Auerhammer et al. [10] suggested that protein
absorption plays a minimal role, the distinction of whether or not protein absorption impacts
the ablation process is not so clear. Regarding the ablated mass, Auerhammer et al. [10]
noticed that if protein absorption contributed to a major extent, the ablation depth was
still comparable to values at wavelengths where water is the dominant absorber. Compared
to measurements from Edwards et al. [8], similar ablation rates were found, however the
strong increase in ablated mass at 6.45 µm as compared to other protein absorption bands
was not seen. By using high-speed video imaging, Auerhammer et al. [10] viewed the size
and composition of the ejected particles and water vapor during ablation. They noticed
that at wavelengths where water is the only absorber (λ = 14.5 µm), the ejected particles
appeared as large chunks, while at wavelengths where protein contributes to the absorption
cross section, the particles were much smaller. Also, at λ = 6.2 and 6.45 µm, it was observed
that the ablation plumes appeared as a fine mist during subsequent pulses when irradiated
with multiple shots. This observation was attributed to the melting of the collagen matrix,
in a manner similar to the explanation put forth by Edwards et al. [8]. It should be noted
that this observation is also consistent with observations of UV soft tissue ablation, where
protein is the dominant chromophore. Here, it is commonly seen that the material ejected
is composed of a fine mist [11], which suggests that protein absorption in the IR may play a
role in the ablation process, as it does in the UV.
The data presented in these studies do not present a clear picture of the role of protein
absorption in soft tissue ablation with a FEL. The interpretation of the results and con-
clusions drawn from the studies often conflict with each another, and the relative roles of
protein absorption and the FEL pulse characteristics are still not clear.
II.2.2 Effect of Pulse Characteristics
The studies discussed thus far have investigated the effect of wavelength and chromophore
on the ablation process, but have neglected to address the issue of the FEL pulse charac-
teristics. The pulse structure of the FEL places it in a unique temporal regime. The pulse
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consists of a ≈ 5 µs macropulse that consists of a 3 GHz train of micropulses with a 1 ps
duration. This pulse structure presents the possibility of producing a number of types of
interactions, ranging from purely photothermal, to possibly photomechanical effects due to
the short duration micropulses. The type of interaction that is likely to be seen largely de-
pends on the relationship between the absorption properties of the tissue and the laser pulse
duration. Depending on the relationship between these two parameters, the irradiation of
tissue can enter certain energy confinement conditions, outlined below, and summarized in
Fig. II.1.
Thermal confinement in laser ablation occurs when the laser pulse duration (τL) is shorter
than the time it takes heat to diffuse out of the irradiated volume. When the penetration
depth is much less than the laser spot radius, the condition for thermal confinement is given
by
τL ≤ τT =
δ2
4α
, (II.2)
where δ is the absorption depth of the laser and α is the thermal diffusivity of the tissue
(α = 0.15 mm2/s for water at 37 ◦C). For laser pulses that are thermally confined, the
temperature distribution is determined by the laser light distribution [12]. In one study,
Walsh and Deutsch [13] found that by keeping the pulse duration shorter than the thermal
diffusion time (τT), the thermal damage to the surrounding tissue was minimized and the
depth of thermally damaged tissue increased with increasing pulse duration. It should be
noted that the FEL macropulse of ≈ 5 µs is thermally confined for all wavelengths except at
the water absorption peak near 3.0 µm, where here τT = 1.7 µs.
When a laser pulse is shorter than the time it takes a stress wave to propagate out of
an irradiated volume (τσ), it is said to be inertially confined. The criterion for inertial (or
stress) confinement is
τL ≤ τσ =
δ
σ
, (II.3)
where δ is the absorption depth and σ is the speed of sound in tissue (σ = 1500 m/s).
An inertially confined laser pulse can generate large peak stresses that may contribute to
the ablation mechanism and inflict damage to the surrounding tissue [14]. Some of the
photomechanical interactions that stress confined laser pulses can elicit are the thermoelastic
expansion due to the heating of the target, and the recoil caused by the forced ejection of the
ablated material. The ultrashort micropulses of the FEL (≈ 1 ps) are stress confined at all
wavelengths. Even the micropulse separation of 350 ps is short compared to the confinement
time, since at λ = 3.0 µm, τσ = 670 ps.
While consideration of the FEL pulse characteristics leads one to expect a photothermal
or photomechanical mechanism, the ultrashort micropulse duration also led investigators
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to consider photochemical effects resulting from fast protein dynamics. Recently, Edwards
et al. [15] compared the results of FEL irradiation with that of an optical parametric ampli-
fier (OPA), both operating at λ = 6.45 µm and containing picosecond duration micropulses,
however, the OPA has a kilohertz repetition rate which reduces its average power by a factor
of 106 compared to the FEL. Irradiation of ocular tissue with the OPA showed no observable
effect, while the FEL ablated the tissue with clear, observable craters. This implied that
picosecond time scale protein dynamics were not a factor in the ablation process. This led
Edwards et al. [16] to refine the original proposed model of selective absorption by develop-
ing a heat diffusion model of tissue ablation that incorporates chemical kinetics of protein
denaturation. Edwards concluded that the differential absorption of protein denatured the
protein matrix of the tissue, thereby affecting its material strength.
A consistent picture of the processes involved in FEL ablation of soft tissues cannot
be determined by the data published thus far. The interpretation of the role of protein
absorption conflicts from one study to another, and even sometimes within a single set of
experiments. Furthermore, the effects of the complex FEL pulse characteristics have not
been sufficiently addressed to date.
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Abstract
Background and Objective: Previous studies involving soft tissue ablation with a free electron
laser (FEL) have arrived at somewhat conflicting results. Our goal is to investigate the
mechanism of soft tissue ablation with the FEL, in order to gain a better understanding of
how the numerous laser parameters may impact the clinical outcome of a given laser surgical
procedure. Materials and Methods: The ablation depth and threshold radiant exposure
were measured in rat skin dermis using the FEL over a broad range of infrared wavelengths
(λ = 2.65− 6.7 µm). The results of the measurements were compared to theoretical models
for both the steady-state ablation depth and the ablation threshold. Results: The ablation
threshold follows the trend predicted by a basic photothermal model and the ablation depth
follows the trend predicted by a steady-state ablation depth model that includes the effect
of ablation plume screening. Conclusions: It appears that over a very broad range of mid-
infrared wavelengths, the results of soft tissue ablation with the FEL are well described
by a steady-state ablation model that incorporates the effect of plume screening, and the
fundamental mechanism appears to be a water absorption dominated process.
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III.1 Introduction
Laser surgical procedures involving the ablation of biological tissues often benefit from
a thorough understanding of the mechanism of interaction between the laser and the tissue.
Generally, the goal in such procedures is to minimize the effects of thermal damage, while
at the same time maximizing the speed or quality of the wound healing process. These
goals can often be attained when there is a clear understanding of the effects that the laser
parameters have on a given procedure. This can be a difficult task when presented with
the broad range of variables that must be controlled in order to reach the desired effect.
The laser wavelength is one parameter whose effects are often the least understood. Most
conventional laser systems have a fixed wavelength which limits the scope of an investigation
of the ablation mechanics. However, the Vanderbilt University Free Electron Laser (FEL) is
a continuously tunable source of pulsed mid-IR radiation with a wavelength tuning range of
λ = 2 − 10 µm. This makes the FEL ideal to investigate the effect of wavelength on tissue
ablation procedures. In this region of the spectrum, soft tissues are strongly absorbing
due to their high water content, which makes the FEL an excellent tool to investigate the
mechanism of soft tissue laser ablation.
There have been several investigations studying FEL ablation of tissues, however the
interpretation of the results presented and the conclusions drawn form the stidies have con-
flicted with each other. Throughout this spectral range, tissue water is the primary chro-
mophore, but there are several prominent protein absorption bands as well. It has been
reported that by tuning the FEL to the amide II absorption band (λ = 6.45 µm), one can
ablate soft tissues with high efficiency and minimal collateral damage [1]. These results have
been attributed to the selective absorption of the laser radiation by the amide II bonds in the
tissue proteins, which leads to a melting of the tissue matrix, and the ablation dynamics pro-
ceeding in a less explosive manner. Other investigations observed no significant difference in
the ablation results from different protein absorption bands [2]. Further, Auerhammer et al.
[2] concluded that the ablation dynamics appeared to be governed solely by the absorption
coefficient of the tissue. Clearly, it has been difficult to reach firm conclusions about the
effectiveness or mechanism of soft tissue ablation with the FEL. In this paper, we report the
results of the measurement of both the ablation threshold and ablation rate of rat skin der-
mis over a broad range of wavelengths, with the goal of gaining insight into the mechanism
of ablation with the FEL.
The temporal pulse structure of the FEL is unlike that of most conventional laser systems.
It consists of an ≈ 5 µs macropulse which is the envelope of a high frequency (≈ 3 GHz) train
of micropulses, each with a duration of ≈ 1 ps. This structure makes the FEL a laser system
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that is capable of both high peak power from the micropulses (≈ 10 MW) as well as having
sufficient power for ablation from the macropulses (≈ 10 kW), and places the FEL into an
interesting temporal regime. The macropulses are too long to be considered in a “blow-off”
ablation model, as is typically used with Q-switched, or other short pulse systems, where it
is assumed that the entire laser pulse is delivered to the tissue before material ejection begins
[3–6]. We have observed in our laboratory that material ejection begins as early as 500 ns
into the FEL laser pulse during gelatin ablation [7]. However, the macropulses are short
enough to satisfy the thermal confinement condition for nearly all wavelengths in the mid-IR
spectrum, so it should be safe to neglect effects of thermal diffusion. These observations
suggest that a steady-state ablation model would be the most appropriate when considering
the macroscopic effects.
We hypothesize that, to a first approximation, the ablation rate of soft biological tissues
using the Vanderbilt FEL can be explained by a steady-state model, and that the interaction
of FEL tissue ablation is fundamentally photothermal in nature. Further, we expect that
the thermal properties of water will be sufficient in modeling the ablation of soft tissue.
III.1.1 Ablation Threshold
The ablation process is initiated when a critical energy density has been established in
the tissue volume. This energy is the heat of ablation, Wabl (J/cm
3) and is commonly defined
as [8, 9]
Wabl = ρ(cv∆T + Lv), (III.1)
where ρ (g/cm3) is the density, cv (J/g/K) is the specific heat at constant volume, ∆T (K)
is the temperature rise required for ablation, and Lv (J/g) is the latent heat of the tissue.
The heat of ablation is simply a function of the thermal properties of the tissue, and under
common conditions, is a constant.
The ablation threshold Hth (J/cm
2) is defined as the radiant exposure required for abla-
tion to occur and is related to the heat of ablation through the tissue absorption coefficient
µa (cm
−1) [8, 10],
Hth =
Wabl
µa
. (III.2)
This assumes a constant absorption coefficient and no heat diffusion during the laser pulse.
This is considered the theoretical ablation threshold, but typically a threshold much lower
is measured experimentally [8, 10].
This can be explained by the partial vaporization of the irradiated volume and the forced
ejection of material that has not been supplied the heat of ablation locally. This partial
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vaporization model has been developed for pulsed mid-IR ablation of water [10]. If only a
fraction f of the irradiated volume is actually vaporized, then the ablation threshold is given
by
Hth =
1
µa
ρ(cv∆T + fLv). (III.3)
At the ablation threshold, the volume of vaporized material is infinitesimally small, hence
f → 0, and the expression for the ablation threshold reduces to
Hth =
1
µa
ρ(cv∆T ). (III.4)
III.1.2 Steady-State Ablation
The basis of steady-state ablation is that a certain amount of energy (heat of ablation)
must be supplied to the tissue before ablation can begin. The absorption coefficient de-
termines the spatial distribution of the energy, and hence, the time necessary for a given
ablation threshold to be reached. If the heat of ablation is delivered to the tissue during
the laser pulse, material ejection begins, and all of the laser energy following this point will
used to drive an ablation front that moves into the tissue at a constant velocity, until the
end of the laser pulse. In the traditional steady-state model, it is assumed that the ab-
lated material is removed instantaneously and no longer plays a role in the ablation process.
However, a more realistic scenario is that once the ablation threshold is reached, material is
ejected from the tissue surface and interacts with the incident beam. If the ablation begins
early enough during the incident laser pulse, the plume of ejected particles may obscure the
incident beam, and attenuate the beam by absorbing the laser radiation [11, 12]. We assume
that the screening of the incident laser beam follows a Beer’s law distribution in the plume,
E(z) = E0 exp [−γz] , (III.5)
where E (W/cm2) and γ (cm−1) is the plume attenuation coefficient.
By applying Eq. (III.5) to the source term for a 1-D heat equation and neglecting hest
diffusion, one can derive an expression for the ablation depth [12],
Dabl =
1
γ
ln
[
γ
µa
(
H0
Hth
− 1
)
+ 1
]
. (III.6)
If multiple (n) laser pulses are used to create an ablation crater, the total crater depth
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becomes
Dabl =
n∑
i=1
1
γ
ln
[
γ
µa
(
Hn
Hth
− 1
)
+ 1
]
. (III.7)
This assumes that successive laser pulses are sufficiently far apart in time so that ejecta from
the previous pulse do not screen the current pulse.
Little is known about the nature of the plume attenuation coefficient γ. If plume screening
is negligible, then γ = 0, and Eq. (III.6) can be simplified by eliminating γ. This can be done
by expanding the logarithmic term in Eq. (III.6) with a power series expansion, and letting
γ → 0. This reduces to the familiar steady-state ablation depth without plume attenuation
[4, 13]
Dabl =
1
µa
(
H0
Hth
− 1
)
. (III.8)
Here, if H0 > Hth, the ablation depth increases with increasing tissue absorption coefficient
until a plateau is reached. At this point, an increase in absorption coefficient does not
increase the ablation depth any more.
However, if plume attenuation is not negligible, then we assume the plume attenuation
coefficient to be proportional to the the tissue absorption coefficient (γ ∝ µa) since the
material composition of the ejecta should be the same as the unablated tissue. Furthermore,
we expect γ  µa since much of the plume consists of vapor with a much lower density than
the native tissue. With these assumptions, we substitue γ = βµa, where β is a proportionality
constant, into Eq. (III.6) to arrive at a modified form of the ablation depth model:
Dabl =
1
βµa
ln
[
β
(
H0
Hth
− 1
)
+ 1
]
(III.9)
In this case, as the tissue absorption coefficient rises, the increasing plume attenuation co-
efficient causes the ablation depth to plateau. As the absorption coefficient rises further,
the plume attenuation coefficient (seen here as β) asserts a stronger effect, and begins to
decrease the ablation depth as more of the laser pulse energy is attenuated.
III.2 Materials and Methods
III.2.1 Tissue Samples
Rat dermis was harvested from sacrificed albino rats within 24 hours post-mortem. The
skin was shaved and depilated using Nair and cleansed multiple times. Thin strips of skin
approximately 1× 5 cm were removed from the ventral side, cleaned of fascia, and stored in
a refrigerator on 4% saline soaked gauze until use. The skin strips were used within 24 hours
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of harvesting. Prior to irradiation, the strips were again cleaned of any remaining fascia on
the dermal side, and the epidermal side was gently scraped with a scalpel blade to remove
any debris and to smooth the surface.
An FTIR spectrum was taken of the rat dermis (Bruker Instruments). The spectrum
was measured in attenuated total reflectance (ATR) mode, by placing the dermal side of
the skin on the sample window. The measured tissue absorbance was converted to absolute
absorption coefficient units (cm−1) by normalizing the spectrum at two wavelengths where µa
is known, λ = 2.12 and 2.94 µm. These correspond to the Ho:YAG and Er:YAG laser lines,
respectively, and at these wavelengths tissue water is the dominant absorber. Hence, the rat
skin spectrum was normalized to the absorption coefficient of water at these wavelengths:
µa ≈ 30 cm
−1 at λ = 2.12 µm and µa ≈ 13, 300 cm
−1 at λ = 2.94 µm [14].
Based on the FTIR spectrum, laser wavelengths were chosen for irradiation that corre-
spond to the peaks, valleys, and rising and falling edges of the absorption spectrum in order
to investigate the broadest range of absorption properties. The wavelengths investigated
were λ = 2.65, 2.8, 2.94, 3.0, 3.15, 3.3, 3.6, 4.0, 4.4, 5.5, 5.7, 5.9, 6.1, 6.45, and 6.7 µm.
III.2.2 Laser Source and Delivery
The FEL beam is delivered to the laboratory via a vacuum beam transport system which
is terminated by a BaF2 window. The FEL beam is delivered to the tissue surface by
focusing it with a CaF2 lens (f = 200 mm). The spot diameter on the tissue surface is set
to 500 ± 10 µm by adjusting the lens position. The FEL spatial beam profile is Gaussian
(TEM00), and the laser spot diameter is confirmed using an automated scanning knife-edge
measurement [15]. The FEL beam is linearly polarized and the pulse energy was adjusted
by rotating a double Brewster plate polarizer mounted within the vacuum chamber. A
schematic of the experimental setup is seen in Fig. III.1.
III.2.3 Ablation Threshold Measurements
For our experiments, the ablation threshold was defined as the radiant exposure necessary
to produce visible material ejection from the surface of the tissue. To determine the ablation
threshold, a probit method was used [16]. This is a statistical technique, which determines the
probability of ablation as a function of the incident energy. In the experiment, the incident
pulse energy is varied about the anticipated threshold, and for each pulse, an observer blinded
to the pulse energy gives a score of 1 if material ejection is observed, or 0 if it is not. The
observation of ejecta was aided with forward white light illumination of the irradiated surface
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Figure III.1: Experimental setup for the measurement of ablation threshold. The FEL beam
is delivered through a double Brewster plate polarizer (POL) to attenuate the beam. A
portion of the beam is picked-off with a CaF2 window (BS) and the pulse energy is measured
with a pyroelectric detector (J8) and recorded with a anergy meter (EM). The FEL beam
is delivered to the tissue sample with a mirror (M) and focused onto it with an f = 200 mm
lens (L). An observer (Ob) monitors whether ablation has occured with the aid of forward
white-light illumination (FI) and a black screen (Sc).
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and a black screen behind to increase the contrast. Ten individual shots were delivered to a
single location for the measurement, after which time a fresh location was used for another
ten shots, up to a total of 100 pulses. Post-experimentally, the data were analyzed to find
the energy dosage that produced a 50% probability (ED50) of ablation.
The pulse energy for each pulse was monitored by picking off a portion of the incident
beam (≈ 10 %) with a CaF2 window and detecting the pulse energy with a pyroelectric
detector (J8, Molectron, Portland, OR). Prior to the experiment, the detector was calibrated
against a second pyroelectric detector (J50, Molectron, Portland, OR) with a dual channel
energy meter (EPM2000, Molectron, Portland, OR). Post-experimentally, the calibration
coefficients were used to calculate the pulse energy that is actually delivered to the tissue,
and the measured spot size (Gaussian ωL parameter) was used to calculate the laser pulse
radiant exposure.
III.2.4 Ablation Depth Measurements
The rat dermis strips were placed on a sample stage and irradiated with the FEL beam
on the epidermal surface. For each wavelength, 10 craters were produced, and each crater
was made by delivering 10 pulses at a fixed radiant exposure of 5 J/cm2 per pulse, for a total
delivered radiant exposure of 50 J/cm2. A low repetition rate (5 Hz) was used to minimize
inter-pulse ablation plume screening. The crater depth was measured by imaging the ablation
crater with an optical coherence tomography (OCT) system constructed in our laboratory
with an axial resolution of ≈ 13 µm [17].
III.3 Results
III.3.1 Rat Dermis FTIR
An FTIR spectrum of the rat dermis is shown in Fig. III.2. The spectrum shows the
strong absorption peak at λ = 2.94 µm due to the fundamental vibrational stretching mode
of water. A second prominent peak is seen at λ = 6.1 µm from the vibrational bending
mode of water [18]. At λ = 6.1 µm the amide I bonds, which primarily exist in the protein
matrix of tissue, absorb as well and contribute to the overall absorption peak seen at this
wavelength. At λ = 6.45 µm a shoulder is observed which is due to the amide-II bonds in
tissue proteins [19].
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Figure III.2: Normalized rat dermis FTIR absorption spectrum. The spectrum was mea-
sured in ATR mode with the dermal surface of the rat skin placed on the sample window.
The measured absorbance was converted to absorption coefficient units by normalizing the
spectrum at λ = 2.12 and 2.94 µm to known values of the absorption coefficient of water.
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III.3.2 Ablation Threshold Measurements
The probit measurement data (Fig. III.3) for the ablation of rat dermis are shown for
λ = 2.94 µm. It is representative of the experimental threshold data for all wavelengths
measured. The measured data points are plotted with the calculated probability of ablation
and the upper and lower fiducial limits (95% confidence intervals).
The measured surface ablation threshold was plotted as a function of wavelength (Fig. III.4).
Along with the measured threshold data, an ablation threshold was calculated from the FTIR
absorption data using the partial vaporization model in Eq. (III.3). The threshold was cal-
culated for the two extreme scenarios: (1) the volume fraction that needs to be vaporized
for ablation to occur is infinitesimally small (f = 0) and (2) the entire irradiated volume
(according to a Beer’s law penetration depth of light) must be vaporized for ablation to occur
(f = 1). From the plot, we can see that the measured surface ablation threshold generally
follows the shape of the calculated threshold, based on the thermal model.
The measured ablation threshold was also plotted as a function of the absorption coeffi-
cient at each wavelength (Fig. III.5). The measured data points are also fit to the theoretical
ablation threshold in Eq. (III.2) using a least-ssquares algorithm and setting Wabl as a free
parameter. This calculated a heat of ablation of Wabl = 52 J/cm
3. This inverse relationship
shows that as the tissue absorption coefficient increases to very large values, the theoretical
ablation threshold approaches zero. From the plot, we can see that the measured data follow
this trend.
III.3.3 Ablation Depth Measurements
The measured crater depth was plotted as a function of the laser wavelength (Fig. III.6)
along with the FTIR absorption spectrum for reference. The ablation depth tends to follow
the shape of the absorption spectrum, as one would expect. However, one can see the effect of
plume screening at the wavelengths where the absorption is strongest, e.g.—near λ = 3.0 µm
and at λ = 6.1 µm. Here, we can see that the ablation depth is decreased, relative to the
absorption coefficient.
The crater depth data are also plotted as a function of the tissue absorption coefficient
for each wavelength (Fig. III.7). The measured data were fit to the steady-state ablation
depth model (Eq. III.6) in two forms. First, we applied the model where the effect of plume
screening is negligible, i.e.—γ = 0 (Eq. III.8), by allowing Wabl to be a free parameter. This
is the solid line in Fig. III.7, and the fit calculated a heat of ablation, Wabl = 1507 J/cm
3.
Second, we applied the model which assumes that plume attenuation coefficient is propor-
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Figure III.3: Probit measurement of rat dermis surface ablation threshold. The measured
ablation data (points) are used to calculate the probability of ablation as a function of the
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Figure III.5: Rat dermis ablation threshold as a function of tissue absorption coefficient. The
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tional to the tissue absorption coefficient (Eq. III.9), by allowing both Wabl and β to be free
parameters. This is the dashed line in Fig. III.7, and the fitting algorithm reported a heat
of ablation, Wabl = 1358 J/cm
3, and a plume attenuation coefficient, γ = 0.0045µa.
III.4 Discussion
III.4.1 FTIR Spectrum
The absorbance data from the FTIR absorption spectrum were converted to units of ab-
sorption coefficient so that the ablation threshold and ablation rate models could be applied
to the experimental data. The spectrum was normalized to known absorption coefficients
of water at two wavelengths, λ = 2.10 and 2.94 µm, which correspond to the Ho:YAG and
Er:YAG laser lines, respectively. At these wavelengths, water is the dominant chromophore
in most soft tissues, including skin, so the absorbance calibration should be accurate for
those wavelengths where water is the dominant chromophore. This is generally the case for
most of the mid-IR spectrum of soft tissues, with the exception of the protein absorption
bands, most notably, the amide bands at λ = 6.1 and 6.45 µm. Here, there is the possibility
of a distortion in the absorption coefficient of dermis, as the absorbance calibration using
water does not account for the protein absorption. This could affect the accuracy of these
data points in Figs. III.5 and III.7 since the points are plotted as a function of the calibrated
absorption coefficient.
III.4.2 Ablation Threshold Measurements
There is a significant discrepancy between the measured ablation threshold data and
the threshold calculated according to the partial vaporization model (Fig. III.4). According
to the model, we would expect all of the measured threshold points to fall somewhere in
between the two curves, designated by f = 0 and f = 1 in Eq. (III.3). In principle, the
actual ablation threshold is in an infinitely small volume of the irradiated tissue (f → 0).
An observation threshold may require that a minimum volume must be vaporized for an
ablation plume to be visible, so we would expect to find a fraction of the irradiated volume
to be slightly larger than 0 (f > 0). However, we see that most of the points lie below the
f = 0 curve. This suggests that the heat of ablation is well below what we would expect
from the partial vaporization model, i.e.—Wabl < ρcv∆T . This is confirmed in Fig. III.5,
where the data points were fit to the ablation threshold relation (Eq. III.2), which calculated
a heat is ablation, Wabl = 52 J/cm
3. This is indeed well below the theoretical minimum
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threshold one would expect according to the thermal properties of water. Assuming that
ρ = 1.0 g/cm3, cv = 4.18 J/g/K and ∆T = 78 K, this minimum would be Wabl = 326 J/cm
3.
One explanation for the ablation threshold results could be related to the FEL beam
properties. The FEL beam has a Gaussian spatial profile. In the experiments, the radiant
exposure was calculated by dividing the laser pulse energy by the spot area, where it was
assumed that the beam energy was uniform, i.e.— the spot area was calculated according to
A = piω2L, where ωL is the Gaussian beam waist. This is the average radiant exposure Havg
and does not give a accurate value for the true radiant exposure, since it is a function of
the beam radius. We can calculate the peak radiant exposure, H(r = 0) by integrating the
beam energy E over the laser spot area, which gives
H(r = 0) = 2
E
piω2L
= 2Havg. (III.10)
Theoretically, the threshold for ablation involves the vaporization of an infinitely small vol-
ume of tissue. In such a small region, we should certainly consider the peak radiant exposure
H(r = 0) to be the actual incident exposure. If this is the case, then the actual ablation
thresholds should be a factor of 2 lower than the measured thresholds, and the heat of abla-
tion that is calculated from the model fit in Eq. (III.2), would be a factor of 2 larger, closer to
Wabl ≈ 100 J/cm
3. This is still smaller than one would expect from the partial vaporization
model, but is might explain part of the difference.
Another potential explanation for the low calculated heat of ablation may have to do with
the FEL pulse structure. In a surface ablation geometry, we are depositing the laser energy
just below the tissue surface, which behaves as a free boundary. The laser energy deposition
serves to heat the tissue, but it can generate large amplitude stress waves as well [20–22]. If
the laser pulse duration is shorter then the time it takes an acoustic wave to travel out of the
irradiated volume. This is known as the inertial confinement time τ , and the condition for
it is: τ = δ/σ, where δ is the optical penetration depth, and σ is the speed of sound in the
tissue. The minimum confinement time occurs at the most strongly absorbing wavelengths.
Assuming δ ≈ 1 µm, and σ = 1500 m/s, τ ≈ 0.66 ns. The FEL micropulse duration, τL ≈ 1 ps
is much shorter than the confinement time. Indeed, even the micropulse separation of 350 ps
is short compared to the inertial confinement time. The importance of this is that when
inertially confined pulses are delivered to the tissue surface, large amplitude tensile stress
waves are created. These tensile stress waves serve to reduce the pressure locally which can
impact the temperature as well. According to the ideal gas law, water can boil at room
temperature if a pressure of -9 bar is created at constant volume. In a theoretical study, we
have calculated that tensile stresses on the order of -10 bar are generated in water by the
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FEL under typical irradiation conditions [23]. This suggests the micropulse structure of the
FEL may impact the ablation process by reducing the temperature rise that is necessary to
deliver the heat of ablation.
III.4.3 Plume Screening
The effects of plume screening can be seen in Figs. III.6 and III.7. In Fig. III.6, we can see
a decrease in the measured ablation depth at wavelengths with large absorption coefficients,
e.g.—near λ = 3.0 µm and at λ = 6.1 µm. This is more clearly seen in Fig. III.7, where there
is a clear decrease in the ablation depth with increasing absorption coefficient. The steady-
state ablation model fits show several things. First, both the model without plume screening
(γ = 0), and with plume screening (γ = βµa), fit the data well. As the absorption coefficient
increases, they begin to diverge as the effect of plume screening becomes stronger. The data
shows that the form of the plume attenuation coefficient chosen appears to be a good one,
where it is proportional to the tissue absorption coefficient, and much smaller. Indeed, the
model fit calculated a value of γ = 0.0045µa. This implies that the plume is composed of
tissue “droplets,” however, it is difficult to generalize the plume attenuation coefficient over
such a broad range of wavelengths with potentially different absorption characterisitics.
III.4.4 Heat of Ablation
The steady-state ablation model fit in Fig. III.7, also reveals another important param-
eter in the experiments, the heat of ablation. Using the ablation depth model with plume
screening (γ = βµa), the model predicts a heat of ablation of Wabl = 1358 J/cm
3. This
value is reasonable, as it falls in the range of what one would expect according the partial
vaporization model. Using the thermal properties of water, we can calculate a fraction of
latent heat that is necessary for ablation. Substituting ρ = 1.0 g/cm3, cv = 4.18 J/g/K,
∆T = 78 K, and Lv = 2260 J/g into Eq. (III.3), we find a fraction of latent heat of f = 46%.
This means that only 46% of the irradiated volume must be vaporized in order for material
ejection to occur. This is consistent with experiments performed in our laboratory of high
speed pump-probe imaging of the plume formed from the ablation of gelatin, where we have
observed that the ejecta are composed of large chunks of material, along with a fine mist of
water droplets. If the entire volume were vaporized during the irradiation, one would expect
that the plume would be composed of a gaseous vapor instead.
The ablation depth data in Fig. III.7 were also fit to the steady-state ablation model
without plume screening (γ = 0). This fit predicted a heat of ablation of Wabl = 1507 J/cm
3,
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which gives a fraction of latent heat of f = 52%. This is important for two reasons. First, it
give us confidence that the ablation process does indeed follow the steady-state model. While
the two equations that were used to fit the ablation depth data have different characteristics
at high absorptions, they only differ in their choice of the plume attenuation coefficient, γ.
Therefore, we would expect both models to fit the data within a certain error, since they are
both based on the same fundamental assumptions. Second, this also supports our hypothesis
that the underlying ablation mechanism with the FEL is primarily photothermal in nature
which obeys much of the thermodynamics of water
III.4.5 Dynamic Absorption
It has long been known that the absorption coefficient of water is strongly influenced by
temperature [24–27]. This temperature dependence has been attributed to the deposited
energy density in the absorbing material [28, 29]. One result of this strong temperature
dependence is that the water absorption band at λ = 3 µm is shifted to shorter wavelengths
during rapid energy deposition, i.e.—temperature rise. This causes the absorption coefficient
of water to increase at wavelengths on the blue side of the peak (shorter wavelengths), and
to decrease on the red side (longer wavelengths).
This effect can clearly be seen in ablation depth data. In Fig. III.7, several of the
wavelengths near the 3 µm water absorption peak have had their absorption coefficients
increased or decreased as a result of the dynamic absorption. For example, the wavelength
λ = 2.8 µm, lies on the steep rising edge of the absorption band. As the absorption peak
is blue-shifted from the dynamic absorption, this would increase the effective absorption
coefficient by possibly as much as one order of magnitude (see Fig. III.2). This would shift
the data point in Fig. III.7 to right, placing it nearly on the ablation depth model curve for
γ = βµa (dashed line). Another example is the data point at λ = 3.0 µm. Since this is at the
peak of the water absorption band, a blue shift would place this wavelength on the falling
edge of the band, decreasing its effective absorption coefficient. As a result, the data point
would be shifted to the left in the plot, again placing it closer to the model fit.
The effect of dynamic absorption can also be seen in the ablation threshold data. In
Fig. III.5, this is most evident at λ = 2.65 µm which lies at the base of the water absorption
band. A blue shift in the peak would cause this wavelength to have a much higher effective
absorption coefficient, which moves the data point to the right in Fig. III.5, closer to the
model fit.
When considering the effect of dynamic absorption, the experiments lend further support
to our hypothesis that soft tissue ablation with the FEL is a water absorption dominated
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process.
III.4.6 Protein Absorption
Given the size of the error bars of the data points at λ = 6.1 and 6.45 µm in Fig. III.7, it
is difficult to draw conclusions about the effect of protein absorption in these experiments.
At these wavelengths, protein in the tissue matrix absorbs a significant amount of the in-
cident radiation [19]. By calibrating the entire FTIR spectrum of skin to water, we may
underestimate the absorption coefficient at these wavelengths. If this is case, λ = 6.1 µm
would be shifted to the right in Fig. III.7, closer to the model fit. The same should be true
for λ = 6.45 µm, however, it is difficult to make this argument considering the measurement
error at these wavelengths. More accurate information about the absorption coefficient of
collagen and tissue protein is required before this discrepancy can be resolved. However, we
suspect that with this information, these wavelengths should follow a steady-state ablation
model, governed by a basic photothermal interaction.
III.5 Conclusions
Several conclusions can be drawn from the data presented in this chapter. First, FEL
ablation of soft tissue is largely explained by a steady-state ablation model. It was found that
the ablation depth model incorporating the effect of plume screening fit our experimental
data over a very wide range of tissue absorption, nearly three orders of magnitude. Second,
the pulse duration and structure of the FEL appears to be very well suited for soft tissue
ablation. Over almost the entire spectral range of the FEL, the macropulse is thermally
confined, minimizing effects of thermal damage, while still possessing enough pulse energy
to ablate efficiently. This efficiency may be aided by the micropulse structure, where after the
heat of ablation has been supplied to the tissue, each successive micropulse removes a very
fine layer of tissue according to the steady-state model, effectively drilling very deep crater.
And finally, with the exception of two wavelengths in this study where protein absorption
is significant, FEL ablation of soft tissue is a water-absorption dominated process. This is
supported by the partial vaporization model which tells us that a realistic fraction of the
irradiated volume must be vaporized for ablation to occur and by the dynamic absorption
of water, which can explain many of the data points that do lie directly on the steady-state
ablation depth curve.
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Abstract
The Vanderbilt University Mark-III Free Electron Laser was used to irradiate gelatin and rat
dermis samples at λ = 3.3 and 6.45 µm. At λ = 3.3 µm, the primary chromophore in gelatin
and tissue is water, whereas at λ = 6.45 µm both protein and water absorb the incident
radiation. In gelatin, the protein is distributed as globular structures, while in dermal tissue,
the protein is assembled into a structural matrix that is capable of supporting significant
stresses. The peak pressure generated from FEL irradiation of the samples was measured
using a piezoelectric microphone below and above the threshold for material removal. The
measured peak pressure as a function of the incident radiant exposure was fit to theoretical
models predicting the peak pressure generated from thermoelastic expansion and material
ejection. For both wavelengths, it was found that the ablation of gelatin and dermal tissue
is explained by a steady-state surface mediated ablation model, regardless of the primary
chromophore. The ablation threshold was measured by fitting the surface mediated ablation
model to the peak pressure data recorded during material ejection. It was found that there
is a significant decrease in the ablation threshold for dermal tissue at λ = 6.45 µm, compared
to the threshold for gelatin, whereas at λ = 3.3 µm, this decrease was not observed. This
suggests that protein absorption by dermal tissues results in the targeted destruction of the
structural matrix.
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IV.1 Introduction
Lasers are used to ablate tissue across a wide range of applications and over a wide
range of wavelengths. Generally, laser wavelengths that are strongly absorbed are used in
order to ensure precise control over the ablation process and to minimize collateral damage.
Typically, this indicates the use of ultraviolet (UV) or infrared (IR) sources for cutting or
removal of soft tissues. Depending on the laser used and the tissue being irradiated, any one
of several responses may be observed arising from a variety of mechanisms. Most soft tissues
are primarily composed of liquid water that is surrounded by a solid protein matrix that
gives the tissue its mechanical strength. In the UV region of the spectrum, the ArF-excimer
laser (λ = 193 nm) is used for ophthalmic procedures such as PRK and LASIK, where the
cornea is reshaped by controlled ablation [1]. At this wavelength, the primary chromophore
is the peptide bond in collagen, which makes up the extracellular matrix and the ablation
mechanism has been described by both photochemical [2] and purely photothermal models
[3]. For material to be removed, bonds that hold the tissue together must be broken. The
photochemical model of ablation involves the direct absorption and breakage of the peptide
bonds [2], while the photothermal model involves the heating and subsequent denaturation of
the extracellular matrix which allows for tissue decomposition [3]. In the IR spectrum, CO2,
Ho:YAG, and Er:YAG lasers are commonly used for incision and excision of tissue. Here, the
chromophore is tissue water, and the mechanism of ablation is generally photothermal. In
one model, the tissue water absorbs the incident radiation and is heated to a vapor of high
temperature and pressure. The expansion of the water vapor formed in the tissue is resisted
by the extracellular matrix, but eventually, the pressure in the expanding vapor overcomes
the strength of the matrix, and material removal takes place by fracturing the matrix in an
explosive process [4–6].
The Vanderbilt University Free Electron Laser (FEL) is a continuously tunable source
of pulsed mid-IR radiation with a wavelength tuning range of λ = 2 − 10 µm. While water
is the dominant chromophore over most of this spectral range, there are also several protein
absorption bands, most notably the amide II bond at λ = 6.45 µm. The amide II bond is
present in the backbone of amino acid chains which form the structural proteins that make up
the extracellular matrix of tissues. By tuning the laser wavelength to the amide II absorption
band, it has been suggested that the mechanical integrity of tissues can be targeted directly
during ablation [7]. This hypothesis is based on gross histological and mass removal data
which has shown that the FEL can ablate tissue with minimal collateral damage at λ =
6.45 µm when compared to other IR sources [7]. However, the mechanism of interaction of
FEL tissue ablation is still not well understood.
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This is in part due to the unique temporal pulse structure of the laser. The Vanderbilt
Mark III FEL laser pulse consists of an approximately 5 µs duration macropulse, made up
of a 3 GHz pulsetrain of 1 ps duration micropulses, i.e.— there are approximately 14,000
micropulses in one macropulse. Initially, it was thought that the individual micropulses may
play a key role in the ablation process, but preliminary time-resolved experiments did not
produce any direct evidence to support this [8]. More recently, investigations comparing the
results of FEL irradiation with an optical parametric amplifier (OPA) did not provide any
evidence supporting picosecond time-scale protein dynamics [9]. Both sources were operated
at λ = 6.45 µm and have picosecond duration pulses, but the OPA has a kilohertz repetition
rate which reduces its average power by a factor of 106 compared to the FEL. During the
irradiation of ocular tissue with an equivalent total radiant exposure from both sources,
there was no observable effect from the OPA irradiation, suggesting that the individual
picosecond pulses do not influence the ablation dynamics [9]. Ruling out picosecond time-
scale dynamic effects from the micropulses, we primarily consider the tissue ablation process
on the macropulse time-scale.
In this study, time-resolved acoustic measurements are combined with existing theoretical
models to characterize the dynamics of soft tissue ablation with a FEL. The measurement of
laser-induced stress transients allows the observation of stresses that arise from the transient
heating of the tissue as well as the recoil that occurs from material ejection. This permits
examination of the mechanisms responsible for ablation at radiant exposures both above
and below the threshold for material removal. In this way, we may be able to correlate
the transition from subablative exposures to those where material removal is achieved, to
physical models based on different mechanisms.
Previous studies have demonstrated the effectiveness of determining physical mechanisms
involved in tissue ablation by the study of the laser-induced stresses that are generated in the
tissue [3, 4]. In these studies, thin-film piezoelectric transducers were used to measure the
near-field acoustic stresses in tissue. In the current study, we attempt to correlate the laser-
induced stresses generated in the tissue to those that are coupled into air and recorded with
a piezoelectric microphone. While the physical models discussed below have been developed
to reflect the stresses generated in the tissue, we argue that the stresses coupled into the
surrounding air should be proportional to those in the tissue, and only differ in the magnitude
of the response as determined by the acoustic coupling at the air-tissue interface. In this
manner, the acoustic stresses recorded in air should reveal valuable information about the
transient, dynamic behavior of tissue ablation with a FEL.
Despite the lack of a clear understanding of the mechanism of FEL tissue ablation, it is
currently being used in a clinical setting for human neurosurgical [10] and ophthalmological
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procedures. The goal of the work presented here is to gain a better understanding of the
relationship between the selective absorption of proteins and water at different wavelengths,
and the mechanical stresses that are induced by the FEL’s temporal pulse structure. In this
study, we investigate two hypotheses.
First, the absorption of FEL radiation by proteins leads to the targeted destruction of the
tissue structural matrix. This scenario is similar to the mechanism of UV soft tissue ablation,
and can only occur at wavelengths where the absorption by protein represents a significant
fraction of the overall tissue absorption cross section. For this reason, acoustic stresses were
measured in gelatin and rat dermis at λ = 3.3 and 6.45 µm. For λ = 3.3 µm radiation,
water is the dominant chromophore in gelatin and dermal tissue, and absorption by protein
is negligible, whereas for λ = 6.45 µm radiation, absorption by protein exceeds that of water
by up to a factor of 5 [11]. The results from the irradiation of gelatin samples were compared
to those from rat dermis at both wavelengths because of the distribution of protein in each
sample. In native dermal tissue, the protein primarily exists as part of the structural matrix
that gives the tissue its mechanical strength, whereas in gelatin the protein is distributed
as large globular clusters which are not capable of supporting significant stresses [11]. We
postulate that if protein decomposition is to play a role in the ablation process, we should
see a significant difference in the measured ablation threshold between gelatin and dermal
tissue of equivalent composition at λ = 3.3 µm, whereas as λ = 6.45 µm, we should not. At
λ = 3.3 µm, the dermal tissue should reveal an ablation threshold higher than the gelatin
because of the increased strength in the tissue matrix. At λ = 6.45 µm, we expect that the
difference in the measured ablation thresholds to be much smaller. The targeted destruction
of the structural matrix in dermal tissue should affect its mechanical strength to a significant
degree and lead to a lower ablation threshold that is closer to gelatin.
Second, ablation of dermal tissue with the FEL does not proceed in an explosive manner
that is typical of IR ablation with other laser systems. In previous experiments measuring
the ablation depth, we have shown that FEL ablation of rat dermis follows a steady-state
process [12]. Previously, studies have shown that UV ablation of soft tissue proceeds by
a surface-mediated process [3], while IR ablation exhibited an explosive characteristic [4].
We postulate that the relatively long macropulse duration, coupled with the high-frequency
micropulse train facilitates a surface-mediated ablation process that is relatively insensitive
to changes in the wavelength and chromophore.
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IV.2 Background
For the radiant exposures achievable with the FEL, the induced stresses generally fall into
two categories: thermoelastic expansion and ablative recoil. At radiant exposures below the
threshold for ablation, the thermoelastic effect is the primary mechanism by which deposited
energy leads to stress generation. At radiant exposures higher than what is necessary to
achieve material ejection, the generated stress is dominated by the ablative recoil. When the
irradiated volume is ejected from the tissue, the momentum recoil from the ablated products
generates a large compressive wave that propagates at high velocity into the tissue [13].
IV.2.1 Thermoelastic Stress
At low radiant exposures, laser radiation is absorbed by the tissue, converted to heat, and
the irradiated volume tries to expand. If however, the energy is deposited faster than the time
necessary for the mechanical stress to relax, i.e.— for an acoustic wave to propagate out of the
irradiated volume, large amplitude compressive stress waves are formed that propagate into
the tissue. This situation is known as inertial or stress confinement. When this stress wave
is generated at a free surface and in a one-dimensional geometry, one component of the wave
propagates into the tissue and another toward the free surface where it undergoes reflection
and the polarity reverses. In this way, a bipolar stress wave is created that propagates into
the sample.
A complete analysis of the thermoelastic wave equation [14, 15] reveals that for a laser
pulse that is effectively a delta function in time irradiating a non-scattering medium, the
stress profile follows a Beer’s law absorption profile. When the laser spot radius rs (cm) is
larger than the optical penetration depth (rs  1/µa), the problem becomes one-dimensional
and the stress profile σ(x) is
σ(x) = ΓµaH exp [−µax] , (IV.1)
where µa (cm
−1) is the absorption coefficient, H (J/cm2) is the radiant exposure and Γ is
the dimensionless Gru¨neisen coefficient given by
Γ =
β
ρcvκT
, (IV.2)
with thermal expansion coefficient β (K−1), density ρ (g/cm3), specific heat at constant
volume cv (J/g ·K), and isothermal compressibility κT (m · s
2/g). It should be pointed out
that Γ is temperature dependent and ranges between 0.11 at t = 20 ◦C and 0.42 at t = 100 ◦C
for tissue [16]. From this relation, we see that the peak stress σp (Pa) generated for inertially
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confined laser pulses is
σp ∝ ΓµaH. (IV.3)
The expression for the thermoelastic stress applies to the stress transients generated
in the sample, but we are interested in the acoustic transients that are coupled into the
surrounding air. Most of the laser-induced thermoelastic stress wave that interacts with
the free boundary at the air-sample interface undergoes reflection to generate the bipolar
stress wave that propagates into the sample. However, a fraction of the stress wave is
transmitted across the interface, which is detected by an airborne microphone. We modify
the expression for the thermoelastic stress (Eq. IV.3) to reflect the pressure that is coupled
into the surrounding air:
pT = AT ·H, (IV.4)
where pT is the pressure in air resulting from the laser-induced thermoelastic stress and AT
is a constant that incorporates the acoustic coupling at the air-sample interface.
IV.2.2 Steady-State Surface Vaporization
Tissue ablation with UV excimer lasers has generally been associated with incisions that
have almost no evidence of thermal injury and produce smooth edges around the ablation
sites [1, 17], when performed in air. Further, in experiments using high-speed photography,
the ablation plumes appeared to be a fine mist of condensed material [18] indicating that
the ablation proceeded on a layer-by-layer basis. For λ = 193 nm radiation, the tissue
chromophore is the protein contained in the extracellular matrix which is responsible for
the mechanical strength and integrity of the tissue. Because of the large mass fraction of
collagen (≈ 25− 30 %) in tissues such as cornea, dermis, and cartilage, the radiation is very
strongly absorbed, and results in an optical penetration depth of 1/µa < 1 µm [1, 19]. It has
been hypothesized that the means by which the tissue matrix is ablated is photochemical
in nature and has been termed “ablative photodecomposition” [2]. At this wavelength, the
single photon energy is quite high (hν = 6.43 eV) and it has been suggested that these
photons directly break the bonds in the polypeptide chain of collagen since these bonds have
a characteristic energy of ≈ 3.0 eV [20]. However, the UV ablation process has also been
described by a purely photothermal mechanism where the extracellular matrix is denatured
by the incident radiation (rather than decomposed photochemically) which leads to the
targeted destruction of the matrix and material removal [3].
Regardless of the actual mechanism, the results from studies of UV ablation of tissue
suggested that the process resembled one of rapid surface vaporization driven by the selective
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absorption of proteins in the tissue matrix. This process can be described by the well
established “piston model” originally formulated by Landau and Lifshitz [21] and applied
to pulsed laser vaporization. Laser irradiation creates a layer of high-temperature, high-
pressure gas which rapidly expands. This expansion results in the formation of a shock front
emanating from the surface with the vapor following. By applying the laws of conservation
of mass, momentum, and energy to this situation, an expression for the pressure in the
expanding vapor plume (p2) can be derived [3]:
p2 =


[
γ1(γ1 + 1)p1
2
]1/2
(γ2 − 1)q0
γ2c1


2/3
. (IV.5)
Here, p1 and p2 are the pressures (Pa) ahead of and behind the expanding shock front,
respectively, γ1 and γ2 are the ratios of specific heats (cp/cv) for the medium ahead of, and
behind the shock, respectively, and c1 is the sound speed in the medium ahead of the shock.
This relation is derived assuming a steady state vaporization driven by the laser irradiance q0.
When applied to pulsed laser irradiation, the irradiance is replaced by the radiant exposure
divided by the pulse duration H/tp. Also, assuming that a threshold radiant exposure (Hth)
is necessary to initiate material ejection, this must be subtracted from the radiant exposure
absorbed by the target, which leads to the following expression for the peak pressure in the
vapor plume:
p2 = AR · (H −Hth)
2/3, (IV.6)
where AR (kg
1/3/m · s2/3) is a free parameter that can be adjusted to best fit the data and
must satisfy the condition that
AR ≤


[
γ1(γ1 + 1)p1
2
]1/2
(γ2 − 1)
γ2c1tp


2/3
(IV.7)
in order to ensure that the kinetic energy of the expanding vapor does not exceed the total
energy available in the ablation process. When fit to experimental data, the parameter AR
represents the fraction of the acoustic energy that is coupled into the transducer.
Previously, this model has been used to describe the stress that is generated in the tissue
as a result of the ablative recoil [3]. The model is based on the assumption that the pressure
in the expanding vapor plume is proportional to the recoil stress that is coupled into the
tissue. For our experiment, the airborne microphone performs a direct measurement of the
pressure in the vapor plume, rather than an indirect measurement of the corresponding recoil
stress.
45
IV.2.3 Explosive Characteristics of IR Ablation
Soft tissue ablation with IR sources has been described in many studies as having an
explosive characteristic. This characteristic has been explained in terms of a phenomenon
known as flash boiling or spinodal decomposition. Flash boiling involves the superheating of
water to temperatures well above the boiling point, which is followed by a phase explosion.
The phase explosion occurs when the superheated water reaches the spinodal limit, which is
≈ 90 % of the critical temperature [22]. The process of flash boiling has been shown to be a
viable ablation mechanism in several studies involving IR irradiation [4, 6, 23, 24].
Two conditions have been formulated by Venugopalan et al. [4] under which flash boiling
may be a viable mechanism for tissue ablation. First, a microscale thermal confinement must
be established within the tissue chromophore. This occurs when the laser pulse duration
is less that the time necessary for heat to diffuse across the characteristic length of the
chromophore,
tp < τδ = δ
2/α. (IV.8)
Here, τδ is the thermal diffusion time across the characteristic chromophore length, δ is the
characteristic chromophore length, and α is the thermal diffusivity of the chromophore. For
flash boiling of the tissue water, we assume values of α = 1.5× 10−3 cm2/s and δ = 10−4 cm
[4], and estimate the thermal diffusion time across the layer to be τδ = 6.7 µs. For the FEL
pulse duration of tp = 5 µs, the first condition is satisfied. The second condition is that the
rate of energy deposition must be much greater than the rate of energy consumption by the
growth of bubble nucleation centers formed below the tissue surface. By analyzing the rate
of vapor bubble growth, Venugopalan et al. [4] has made an estimate of the volumetric power
density that is necessary for flash boiling to occur within soft tissues. For the irradiation
conditions at both λ = 3.3 and 6.45 µm, the FEL is capable of ≈ 108 W/cm3 near the
ablation threshold in dermal tissue, which is significantly below the estimated requirement
of ≈ 1012 W/cm3 for the FEL pulse duration. Since the second condition is not satisfied, we
expect that FEL ablation of soft tissue will not proceed in an explosive manner, but by a
surface-mediated process.
IV.3 Experimental Methods
Gelatin and rat skin samples were used to investigate the effect of laser induced stresses.
The hot-cast collagen gels were prepared by melting 30% gelatin by mass into hot water,
which is approximately equal to the concentration of protein in native dermis. The gels
were solidified in a refrigerator for at least 1 hour prior to irradiation. Rat skin samples was
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harvested from sacrificed albino rats within 24 hours post-mortem. The skin was shaved and
depilated using Nair and cleansed multiple times. Thin strips of skin approximately 1×5 cm
were removed from the ventral side, cleaned of fascia, and stored in a refrigerator on 4%
saline soaked gauze until use. The skin strips were used within 24 hours of harvesting, and
prior to irradiation, the strips were again cleaned of any remaining fascia on the dermal side.
The experimental setup for measuring the acoustic signals is shown in Figure IV.1. The
FEL beam is Gaussian and linearly polarized. A double Brewster-plate polarizer (II-VI,
Inc., Saxonburg, Pennsylvania) was used to attenuate the beam and vary the incident pulse
energy. A portion of the beam (≈ 10 %) is picked off with a CaF2 window and the pulse
energy is monitored with pyroelectric detector (J8, Molectron, Portland, Oregon) and energy
meter (EPM2000, Molectron, Portland, Oregon). The FEL beam is focused onto the gelatin
sample with a CaF2 lens (f = 200 mm) and the lens position was adjusted along the optical
axis to produce a 1 mm diameter spot measured with a scanning knife-edge [25]. Prior to
sample irradiation, a second pyroelectric detector (J50, Molectron, Portland, Oregon) was
placed at the sample location, and a ratio measurement was made to calibrate the pulse
energy monitored during irradiation to the pulse energy actually delivered to the sample.
This pulse energy was divided by the 1/e2 laser spot area to calculate the incident radiant
exposure (J/cm2). Gelatin and rat dermis samples were irradiated with the FEL at λ = 3.3
and 6.45 µm at radiant exposures of 0.1 ≤ H ≤ 4.0 J/cm2.
The acoustic transducer used to record the signals is a piezoelectric microphone (132A42,
PCB Piezotronics, Depew, New York) with a bandwidth of 1 MHz and a sensitivity of
2125 mV/psi. The microphone is positioned as close to the optical axis as the FEL beam
allows (≈ 30 ◦) and directed toward the irradiated surface. The distance from the sample
surface was adjusted such that there was a 90 µs delay between the beginning of the laser
pulse and the rising edge of the acoustic wave, corresponding to ≈ 3 cm. This ensured the
amplitude of the recorded signals was comparable from one experiment to the next. The sig-
nals were captured and saved on a digitizing oscilloscope (TDS 640A, Tektronics, Wilsonville,
Oregon) for post-experimental processing and analysis.
To ensure a positive correlation between the peak pressure in air and the peak com-
pressive stress in the sample during ablation, the microphone was cross-calibrated against a
piezoelectric hydrophone. The hydrophone was placed in a gelatin sample below the surface,
and directed toward the surface. The microphone was kept in air as described above, and
the two signals were recorded simultaneously at several radiant exposures at λ = 6.45 µm.
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IV.4 Results
IV.4.1 Acoustic Cross-Calibration
The piezoelectric microphone was cross-calibrated with a piezoelectric needle hydrophone
to ensure that the peak pressure recorded in air corresponds to the peak stress in the sample.
Figure IV.2 shows the results of the cross-calibration. For low radiant exposures, the response
is linear. As the radiant exposure increases, the relationship between the microphone and
hydrophone response begins to deviate from linear. It should be noted that the transition
from the thermoelastic region to that of material ejection occurs for a microphone response of
approximately 150 mV under the irradiation conditions. The point at which the microphone
response starts to become nonlinear (≈ 1500 mV) corresponds to a radiant exposure of
≈ 2.5 J/cm2.
IV.4.2 Peak Pressure Measurements
The peak pressure recorded from the irradiation of gelatin and rat skin at λ = 3.3 µm is
plotted as a function of radiant exposure in Figure IV.3. Two observations stand out when
looking at the raw data. First, we can see a clear transition from the linear thermoelastic
region at low radiant exposures to the ablative recoil region at high radiant exposures. This
transition is remarkably distinct and is a clear indicator of the ablation threshold. Second,
the peak pressures recorded for both the tissue and the gelatin are nearly identical. By
noting the transition from thermoelastic expansion to ablative recoil in the peak pressure,
we can estimate the ablation threshold to be ≈ 0.6 J/cm2 for both the tissue and gelatin.
Similar observations can be made from the peak pressure recorded from irradiation at
λ = 6.45 µm, seen in Figure IV.4. For both the gelatin and tissue samples, there is clear
transition from the thermoelastic region to ablative recoil. However, this transition occurs
at different radiant exposures for the two samples. For the gelatin, the ablation threshold
appears to be ≈ 0.5 J/cm2, but the threshold for dermal tissue appears to be significantly
lower, near ≈ 0.3 J/cm2.
The models for the predicted peak pressure described in section IV.2 were applied to the
measured data. Figure IV.5 shows the results of the data analysis for both gelatin and rat
skin at λ = 3.3 µm. For both samples, we see that the steady-state surface vaporization
model (Eq. IV.6) explains the vapor plume peak pressure data well. For gelatin, the value of
the ablation threshold calculated by applying the surface vaporization model to the ablative
recoil data is Hth = 0.71 J/cm
2, and for dermis Hth = 0.63 J/cm
2, which is only a 12%
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difference. This result is different from our hypothesis where we predicted that there would
be a significantly larger ablation threshold for rat dermis than gelatin because of the increased
mechanical strength in the tissue due to its structural protein matrix.
At λ = 6.45 µm (Figure IV.6), again we see that the steady-state surface vaporization
model describes the vapor plume peak pressure data well. As we noted from the raw data
(Figure IV.4), there appeared to be a significant difference between the ablation thresholds
in gelatin and skin. This is confirmed when applying the surface vaporization model, which
calculated Hth = 0.48 J/cm
2 for gelatin. The ablation threshold calculated for the dermal
tissue is Hth = 0.30 J/cm
2, which is a factor of 1.6 smaller than gelatin. Here again, this
result is different from our hypothesis where we predicted that the ablation thresholds for
the rat dermis and gelatin would be similar due to targeted destruction of the tissue matrix.
In Figures IV.5 and IV.6, we see from the inset plots that the linear thermoelastic scaling
applies well to the subthreshold peak pressure data. At λ = 3.3 µm (Figure IV.5), the
subthreshold data points are very linear for the gelatin sample, while for skin, there is
considerably more noise present. At λ = 6.45 µm (Figure IV.6), both gelatin and skin
subthreshold data show good linearity. Further, we can see very clearly the significant
difference in the ablation threshold for the two samples.
IV.5 Discussion
IV.5.1 Acoustic Measurements in Air
The acoustic cross-calibration (Figure IV.2) shows that for small radiant exposures, there
is a linear relationship between the peak pressure measured in air, and the peak stress
measured in the sample. The linearity breaks down however at a microphone response of
≈ 1500 mV. For the irradiation conditions of the cross-calibration, the ablation threshold
occurs at the microphone signal level of ≈ 150 mV. This point is well below the point at
which the response begins to deviate from linear, which gives us confidence that the peak
pressure measured in air corresponds well to the peak stress measured in the sample. The
response begins to deviate from linear at ≈ 1500 mV. At this point, the radiant exposure
is ≈ 2.5 J/cm2 which is near the upper bound of our exposure limit for the irradiation
conditions of the peak pressure experiments in gelatin and dermis. For large incident expo-
sures, there are several reasons that the hydrophone response may become nonlinear, thus
making the cross-calibration between the two transducers nonlinear as well. In previous
experiments using high-speed pump-probe imaging to investigate gelatin ablation, we have
observed strong secondary shocks that propagate into the sample for large radiant expo-
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sures. These secondary shocks may bo superimposeed on spurious signals due to multiple
reflections, or with the natural ringing from the hydrophone output. If the signals from the
multiple reflections or secondary shocks are large enough, the peak pressure recorded with
the hydrophone would become artificially large, thereby producing the nonlinearity in the
cross-calibration.
IV.5.2 Surface Mediated Ablation
The results of FEL irradiation of gelatin and skin for λ = 3.3 and 6.45 µm show that
the measured peak pressures from ablative recoil follow those predicted by the steady-state
surface vaporization model. At λ = 6.45 µm, both the protein structural matrix of tissue and
the water that is bound within it are absorbing the incident radiation, while at λ = 3.3 µm the
only tissue component absorbing the incident radiation is water. Because of this, one might
expect that the ablation dynamics at these two wavelengths to be significantly different.
However, this result is consistent with previous measurements of the ablation depth in dermal
tissue which have shown that, to a first approximation, soft tissue ablation with the FEL
is governed by a steady-state ablation process over a broad range of wavelengths in the IR
(λ = 2.65 to 6.7 µm) [12]. This result is also consistent with our hypothesis that the ablation
process follows a surface mediated process, and is not explosive in nature.
These findings are consistent with the physical picture of steady-state ablation. One
description of the process by Hibst and Keller [26] is that the total incident radiant expo-
sure is divided into many subpulses. Each of the subpulses is delivered to the target and
converted to heat, and the heat from subsequent pulses to added. After a sufficient number
of subpulses have been delivered to the target, the ablation threshold is reached, and all of
the following subpulses remove a fine layer of tissue until the end of the laser pulse. Con-
ceptually, this scenario is identical to the actual FEL macropulse. The energy contained in
a single micropulse is insufficient to ablate, so many micropulses must be delivered to reach
the ablation threshold. Once material removal begins, there is a quasi-continuous train of
micropulses, each of which removes a fine layer of tissue. Keeping this picture in mind, it
is not surprising that FEL ablation proceeds by a surface mediated process and that the
surface vaporization model fits the recorded peak pressure during material removal.
IV.5.3 Role of Protein Absorption
The results of FEL ablation at λ = 6.45 µm showed that there was a significant difference
in the ablation threshold for gelatin and rat dermis samples, while at λ = 3.3 µm there was
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very little. At λ = 3.3 µm, the chromophore in both samples is water and protein absorption
is negligible, while at λ = 6.45 µm the contribution of protein to the overall absorption cross
section is significant [8, 11]. The fact that there is a difference in the ablation thresholds
at the two wavelengths shows us that the protein absorption plays a significant role in the
ablation dynamics. However, the results of the measured ablation threshold for the different
wavelengths and samples conflict with our hypothesis. If the material strength of the tissue
structural matrix plays an important role in the ablation dynamics, one would expect that the
measured ablation thresholds would be significantly different for wavelengths where protein
absorption does not occur. For example, at λ = 3.3 µm, water is the chromophore, and
presumably, material ejection begins when the pressure in the expanding vapor bubble is
greater than the strength of the material. Since gelatin does not have a structural matrix to
resist the expansion of the vapor, we would expect less energy to be required for ablation to
begin, whereas in skin, the tissue matrix would counteract the expansion of the water vapor,
and require more energy in a given volume to initiate ablation. Further, if we consider
λ = 6.45 µm, we would expect the measured ablation thresholds to be more similar for
gelatin and skin, since our premise is that the tissue structural matrix is compromised during
λ = 6.45 µm irradiation. If this is the case, than the effect that the structural matrix has
on resisting the expansion of vaporized water would be negated, and the energy required for
material ejection to occur would be more similar.
This discrepancy can be explained when considering the relative concentrations of protein
and water in the gelatin and skin samples. The gelatin samples were prepared with 70%
water by mass to mimic the absorption properties of native dermal tissue. However, we do
not accurately know the level of hydration of the tissue at the time of irradiation. We assume
that the tissue is 70% water, but in fact, it may be significantly lower than this. Normally,
we would expect the ablation threshold to be higher in dermis than in gelatin when the
primary chromophore is water. If however, the water content is higher in the tissue than the
gelatin, we would see a decrease in the ablation threshold of the tissue, due to the increase in
the absorption cross section of the sample. This explanation is consistent with our data at
λ = 3.3 µm which showed a decrease in the ablation threshold of dermis, presumably due to a
higher water content, and thus a larger absorption cross section. The same reasoning applies
to the data from λ = 6.45 µm, where the ablation threshold for dermis is significantly lower
than for gelatin. Here, if we assume the water content in the dermal tissue is higher than
the gelatin, then the ablation threshold would be lower, relative to the gelatin threshold.
This effect of decreasing the threshold is enhanced by the protein absorption, where the
tissue matrix is compromised by the irradiation. As the protein matrix is destroyed, the
resistance to the formation of vapor bubbles is decreased, and material removal occurs with
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lower incident energy, hence the significantly lower ablation threshold. The important point
to bear in mind is that the relative difference in the ablation thresholds between gelatin and
dermal tissue is significant wavelengths where protein absorption represents a significant
fraction of the overall absorption cross section.
For the above argument to be valid, the tissue matrix must be structurally compromised
on the time scale of the laser pulse. By applying the theory of absolute reaction rates to
collagen denaturation, the amount of time the collagen must be exposed to a given tempera-
ture in order for denaturation to occur can be calculated [3]. It has been calculated that for
an exposure time of 1 µs a temperature rise of only ≈ 95−100 ◦C would be sufficient to fully
denature the collagen contained in the tissue structural matrix. This further supports our
hypothesis that the absorption of λ = 6.45 µm radiation leads to the targeted destruction of
the tissue structural matrix.
IV.6 Conclusions
The peak pressure as a function of radiant exposure generated from the irradiation of
gelatin and rat dermis at λ = 3.3 and 6.45 µm has been measured. It has been shown that
the peak pressure measured in air correlates with the peak compressive stress in the sample,
and by fitting the recoded data to theoretical models, we can make an accurate measurement
of the ablation threshold.
The measured peak pressure in the vapor plume during material removal is well described
by the surface vaporization model, independent of the wavelength and chromophore in the
sample. This suggests that the ablation of soft tissues with a FEL proceeds by a surface
mediated process, and is not explosive in nature, as is typical of ablation with other IR
sources. We attribute this result in part to the duration of the macropulse, as well as
the micropulse structure itself. The macropulse duration is too long to achieve a blow-off
ablation scenario where all of the laser pulse energy is delivered before material ejection
begins, and so ablation proceeds in a steady-state manner. The micropulse structure of the
FEL pulse aids the surface mediated material ejection by removing a fine layer of tissue for
each micropulse, once the ablation threshold is reached.
The role of protein absorption was investigated by comparing the ablation thresholds
measured in gelatin and rat dermis at two wavelengths, λ = 3.3 and 6.45 µm. For λ =
3.3 µm irradiation, water is the chromophore and protein absorption is negligible, while
at λ = 6.45 µm, the absorption of protein represents a significant fraction of the overall
absorption cross section in the samples. The results show that there is a significant decrease
in the ablation threshold measured in dermal tissue which has a structural matrix, over
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that of gelatin, which does not, when protein absorption is significant (λ = 6.45 µm). This
suggests that the material strength of the tissue is compromised by the targeted destruction
of the structural matrix, leading to a decrease in the relative ablation threshold. A decrease
in the ablation threshold suggests that less laser pulse energy is necessary for the ablation
of collagenous tissues, which is one possible explanation for the clinical observation that
ablation with the FEL at λ = 6.45 µm produces incisions with minimal collateral damage.
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Figure IV.1: Experimental setup for measuring the peak pressure generated during FEL
irradiation. The linearly polarized FEL beam is attenuated with a polarizer (POL) to vary
the pulse energy. A CaF2 window (W) picks off a portion of the beam (≈ 10 %) which
is monitored by a pyroelectric detector (J8) and energy meter. A mirror (M) directs the
beam through an f = 200 mm CaF2 lens (L), where it is focused onto the gelatin surface.
A piezoelectric microphone (MIC) detects the acoustic signature after laser irradiation, and
the signal is recorded and saved with a digital storage oscilloscope.
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Figure IV.2: Cross-calibration of piezoelectric microphone and piezoelectric needle hydro-
phone. Gelatin was irradiated at λ = 6.45 µm and the peak pressure in air was recorded
simultaneously with the peak compressive stress in the gelatin for several radiant exposures.
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Figure IV.3: Recorded peak pressure as a fucntion of radiant exposure at 3.3 µm in gelatin
and rat dermis.
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Figure IV.4: Recorded peak pressure as a function of radiant exposure at 6.45 µm in gelatin
and rat dermis.
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Figure IV.5: Model fit of peak pressure as a function of radiant exposure from irradiation
of gelatin and rat dermis at 3.3 µm. The ablation data was fit to the steady-state surface
vaporization model (Eq. IV.6) for both samples. For gelatin, the data fit calculated Hth =
0.71 J/cm2 and for rat dermis, Hth = 0.63 J/cm
2. The inset plot shows an expanded view of
the subablative data which is fit to relationship for thermoelastic expansion (Eq. IV.4).
60
0 0.5 1 1.5 2 2.5 3
0
2
4
6
8
10
12
Pe
ak
 P
re
ss
ur
e,
 p
2 
(kP
a)
0 0.5 1 1.5 2 2.5 3
Radiant Exposure, H (J/cm2)
0
2
4
6
8
10
12
Pe
ak
 P
re
ss
ur
e,
 p
2 
(kP
a)
0 0.5 10
0.5
0 0.5 1
0
0.5
Gelatin
Rat Skin
Figure IV.6: Model fit of peak pressure as a function of radiant exposure from irradiation
of gelatin and rat dermis at 6.45 µm. The ablation data was fit to the steady-state surface
vaporization model (Eq. IV.6) for both samples. For gelatin, the data fit calculated Hth =
0.48 J/cm2 and for rat dermis, Hth = 0.30 J/cm
2. The inset plot shows an expanded view of
the subablative data which is fit to relationship for thermoelastic expansion (Eq. IV.4).
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V.1 Introduction
The Vanderbilt University Mark-III Free Electron Laser (FEL) is a continuously tunable
source of pulsed mid-infrared radiation with a wavelength tuning range of λ ≈ 2 − 10 µm.
This makes the FEL well suited for tissue ablation since most soft tissues are composed
mostly of water, which is highly absorbing in the mid-IR spectrum. There is a growing
body of evidence suggesting that by tuning the laser wavelength to protein absorption bands
in this region, most notably the amide II absorption band of protein at λ = 6.45 µm, soft
tissues can be ablated with minimal collateral damage and excellent clinical outcome [1–4].
Several models have been proposed to account for these observations [1, 5, 6] but none of
the proposed mechanisms account for the unique pulse characteristics of the FEL. The FEL
pulse consists of an ≈ 5 µs macropulse which contains a 3 GHz train of 1 ps micropulses. This
type of structure has the possibility of producing large amplitude stress waves within the
tissue, however they are of such short duration that recording the effects of the micropulses
experimentally is very difficult due to the limited response time of electronic systems.
It has long been known that the absorption coefficient of water is strongly influenced
by temperature [7–10]. This temperature dependence has been attributed to the deposited
energy density in the absorbing material [11–13]. One result of this strong temperature
dependence is that the water absorption band at λ = 3 µm is shifted to shorter wavelengths
during rapid energy deposition, i.e.—temperature rise. This causes the absorption coefficient
of water to increase at wavelengths on the blue side of the peak (shorter wavelengths), and
to decrease on the red side (longer wavelengths). As the absorption coefficient depends both
spatially and temporally on the energy distribution in the sample, the development of an
analytical expression for the resulting temperature profile is generally not possible, which
makes an accurate prediction of the results of ablation very complicated.
Numerical modeling was turned to as a technique for investigating soft tissue ablation
with the FEL for several reasons. First, it allows the study of processes on time scales
not possible with standard experimental techniques. The FEL micropulses are ≈ 1 ps in
duration, with a delay of ≈ 350 ps between successive pulses, which eliminates the use
of electronic transducers and recording equipment to study the effects of the individual
micropulses. Second, modeling allows the variation and control of parameters that are
otherwise beyond control. The temporal distribution of the FEL pulse can have a large
impact on the ablation process, but is not easily manipulated experimentally. With numerical
modeling, the time dependent deposition of the laser energy can be altered to probe the
effects. Finally, numerical modeling allows the possibility to track dynamic changes in the
material, including the absorption coefficient of water, and view their effects.
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A numerical code developed at Lawrence Livermore National Laboratory called Kull was
used to simulate the ablation of soft tissues with the FEL. Kull is a comprehensive physics
simulation package under development, that eventually will include processes of light trans-
port, material, thermal, and mechanical response. It is written in the computer language
C++, and wrapped in the interpreted language Python, which provides a user interface to
the underlying numerical code. The most novel aspect of the Kull code is that it is fully
three-dimensional, and allows the use unstructured meshes of arbitrary polyhedral zones,
making no assumptions or restrictions on the type of zone used. These advanced features
make the code ideal for modeling the complicated processes involved in tissue ablation.
The goal of this modeling effort is to determine the effects that the micropulse structure
and dynamic absorption have on the ablation process. Specifically, the impact that these
features have on the ablation threshold will be investigated performing model simulations
and comparing the results.
V.2 Modelling Methods
In the current study, the material response to laser irradiation is calculated by solving
compressible hydrodynamic equations, coupled with an equation of state for the material.
The hydrodynamic response of the material is calculated using the standard equations for
the conservation of mass, momentum and energy:
∂ρ
∂t
= −ρ~∇ · ~v, (V.1)
∂ρvk
∂t
= −
∂P
∂xk
− ρvk ~∇ · ~v + ρ~gk, (V.2)
∂ρε
∂t
= −P ~∇ · ~v − ρε~∇ · ~v. (V.3)
An equation of state for water was used to model soft tissues. The equation chosen
allows the existence of negative pressure, or tensile stress, that is often seen during laser
irradiation of materials with a free boundary. Modeling soft tissues with water can be
a good approximation when considering the optical and thermal properties of tissue [14].
In the mid-IR spectrum, water is the primary chromophore of most soft tissues, typically
accounting for 70% or more of the tissue mass. There are however some protein absorption
bands, most notably at wavelengths such as λ = 6.1 and 6.45 µm, where the amide bonds
in protein exhibit reasonable absorption [1, 15]. For the current study however, we assume
that water is the dominant chromophore, and is responsible for the thermodynamic response
of the tissue.
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A one-dimensional geometry is used throughout the simulations. This is a reasonable ap-
proximation for laser irradiation in the IR spectrum, since the penetration depth of the laser
radiation is typically small compared to laser spot size. The numerical mesh is constructed
as a linear strip of 2000 square zones, 0.1 µm on each side, for a total mesh depth of 200 µm.
This zoning scheme was chosen so that there would be > 100 zones per acoustic wavelength.
Motion of the mesh is fixed in the transverse direction to maintain one-dimensional propa-
gation, and the surface boundary is free to move with a boundary condition of atmospheric
pressure outside the mesh.
V.2.1 Laser Irradiation
The laser irradiation was modeled by a time-dependent energy source that is delivered
to the surface of the mesh. It is assumed that the incident laser radiation is absorbed and
converted to thermal energy instantaneously, since it is assumed that the absorption process
occurs on time scale much shorter than the pulse duration. Two types of laser pulses were
used to investigate the effect of pulse structure on the ablation dynamics. The first is a
pulse-train delivery that is similar to the actual FEL pulse, where a high frequency train
of instantaneously absorbed pulses is delivered with a delay of td = 0.35 ns between them.
The second pulse type is a constant-power pulse of the same duration and radiant exposure
as the pulse-train. The pulse duration for both pulse types was limited to tp = 50 ns in the
interest of computational time. The simulations were run by fixing the radiant exposure at
H = 5.0 J/cm2, and varying the absorption coefficient 200 ≤ µa ≤ 10, 000 cm
−1 for both
pulse types. This range of absorption coeficients should produce results both below and
above the threshold for ablation. From the simulation results, the surface velocity of the
mesh was plotted as a funtion of time to determine the ablation onset time tabl(ns), from
which the ablation threshold Hth(J/cm
2) can be calculated according to
Hth = tabl · L, (V.4)
where L (W/cm2) is the laser pulse irradiance.
A shorter duration pulse tp = 50 ns is used to model the actual FEL pulse for most of the
simulations in order to decrease the computational time. To determine if this simplification
is valid, a limited set of simulations was run investigating the effect of pulse duration on the
ablation dynamics. For these simulations, a pulse-train delivery was used with a micropulse
delay of td = 0.35 ns, a fixed radiant exposure of H = 0.2 J/cm
2, and a static absorption
coefficient of µa = 13, 300 cm
−1. The pulse duration was varied between 50 ≤ tp ≤ 1000 ns,
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and the ablation onset time was measured to determine if the ablation dynamics from the
short pulse simulations could be extrapolated to longer times.
V.2.2 Absorption Model
The effect of dynamic absorption was investigated by comparing the ablation dynamics
that result from a pulse-train irradiation using two different absorption models. For both
models, a Beer’s law absorption profile is used to determine the energy distribution on a
zone-by-zone basis according to
Esp =
1
ρ
µaH exp [−µax] , (V.5)
where Esp (J/g) is the specific energy, ρ (g/cm
3) is the density, µa cm
−1 is the local absorption
coefficient, H is the incident radiant exposure, and x (cm) is the mesh depth.
In the first absorption model, a static absorption coefficient is used in Eq. (V.5) to
calculate the energy distribution. In this case, local absorption coefficient is calculated by
µa = µa,0
ρ
ρ0
, (V.6)
where µa,0 = 13, 300 cm
−1 is the room-temperature, low-intensity absorption coefficient [13],
and ρ0 is the initial density of the mesh. The local absorption coefficient is scaled by the
change in density in order to more accurately reflect the changes in the absorption properties
during rapid heating and phase changes.
The second absorption model, initially proposed by Shori et al. [13], models water as a
dynamic saturable absorber according to
µa =
µa,0
1 + E/Vab
E/Vsat
, (V.7)
where E/Vab (J/cm
3) is the local energy absorbed per volume, and E/Vsat (J/cm
3) is the sat-
uration energy per volume. It has been experimentally determined that E/Vsat = 450 J/cm
3
for water at λ = 2.94 µm [13].
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V.3 Simulation Results
V.3.1 Ablation Time
The surface zone velocity was used as our marker for determining the ablation onset time.
This is based on an empirical observation from previous simulations that the velocity and
density of the surface zone change drastically at the apparent ablation threshold. Figure V.1
shows typical traces of the surface zone velocity during irradiation with a constant-power
pulse of duration tp = 50 ns, and radiant exposure H = 5.0 J/cm
2 for several absorption
coefficients. In Figure V.1a, the surface velocity increases as the material expands during
irradiation, but relaxes back toward its resting position once the irradiation ceases, charac-
teristic of the standard model of thermoelastic expansion. In Figure V.1b, the velocity of
the surface zone does not relax after the irradiation stops, but continues to move away from
mesh. Hence, the surface zone has been ejected from the rest of the mesh, and ablation has
occurred. The time at which the surface zone acceleration is at a maximum is taken as the
ablation onset time, and in Figure V.1b, we can see that this occurs earlier into the laser
pulse for increasing values of the absorption coefficient.
V.3.2 Effect of Pulse Structure
The effect of the pulse structure was investigated by comparing the results of irradiation
using a constant-power pulse and a pulse-train delivery at a given radiant exposure. Typical
simulation results are shown in Figure V.2, where both the pulse-train (a) and constant-
power (b) pulses were delivered at a radiant exposure of H = 5.0 J/cm2, with a static
absorption coefficient of µa = 200 cm
−1. Comparing the two pulse types, there is a slight
modulation of the pressure profile for the pulse-train delivery. This is more apparent in
Figure V.3 which is a smaller scale view of the pressure near the surface at t = 10 ns. The
modulation of the pressure profile for the pulse-train delivery (Figure V.3a) is due to the
individual micropulses, which is not seen for the constant-power pulse. However, there is a
minor oscillation seen in the constant-power pulse at the high magnification of Figure V.3b,
which is due to tiny fluctuations in the incident radiant exposure resulting from the variable
time-step in the simulations.
The ablation threshold was read from the surface velocity data for both types of pulses
and plotted as a function of the static absorption coefficient. In Figure V.4, we see that
the extracted ablation thresholds for the pulse-train and constant-power pulses are nearly
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Figure V.1: Ablation time. The velocity of the surface zone is plotted as a function of time
for a constant-power pulse with tp = 50 ns and H = 5.0 J/cm
2. In (a), the velocity increases
during the laser pulse, but then relaxes after irradiation stops indicating that ablation has
not occurred. In (b), the velocity increases drastically at the ablation onset time, which
occurs earlier into the pulse for increasing values of the absorption coefficient.
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identical. These results were fit to a theoretical model of the predicted ablation threshold,
Hth =
1
µa
Wabl, (V.8)
where Wabl (J/cm
3) is the heat of ablation. By fitting this model to the data, we find that
Wabl = 1569 J/cm
3 for the pulse-train delivery and Wabl = 1573 J/cm
3 for the constant-power
pulse.
V.3.3 Effect of Dynamic Absorption
The role of dynamic absorption in the ablation process was investigated by comparing
a standard static Beer’s law absorption model with a dynamic saturable absorption model
[13]. Figure V.5 shows the effect of dynamic absorption on the instantaneous absorption
coefficient. In each plot, the aborption coefficient is plotted as a function of the mesh depth
at time intervals of t = 10, 20, 30, 40, 50 ns for a tp = 50 ns, using both absorption models at
a radiant exposure H = 0.1 J/cm2, which is below the threshold for ablation. For the static
absorption case, early into the laser pulse the absorption coefficient is nearly constant, but as
more laser energy is delivered the absorption coefficient decreases near the surface due to the
decrease in density, resulting from the rapid thermal expansion during the laser pulse. For
the dynamic absorption case, we see that the absorption coefficient decreases significantly
throughout the laser pulse, to become nearly a factor of 2 smaller than the static absorption
case for subthreshold radiant exposures.
The ablation threshold was measured as a function of the radiant exposure for the static
and dynamic absorption cases. In Figure V.6, we see that the ablation threshold is nearly
constant for increasing radiant exposures for both the static and dynamic absorption, and
the threshold is ≈ 2.5 times larger for the dynamic absorption.
V.3.4 Effect of Pulse Duration
Modeling the FEL pulse (tp = 5 µs) with a pulse of only 50 ns allows considerable com-
putational simplification. To test the validity of this simplification, we ran simulations using
the pulse-train delivery with static absorption (µa = 13, 300 cm
−1) at a fixed radiant expo-
sure (H = 0.2 J/cm2) for pulse durations of tp = 50, 100, 200, 500, 1000 ns. The results
are shown in Figure V.7, where the surface zone velocity is plotted against the normalized
ablation time, τ = tabl/tp. From this plot we see that the ablation onset time, relative to the
pulse duration, is nearly the same for all pulse durations tested. The normalized ablation
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Figure V.2: Pressure profile in the mesh during laser irradiation. Pulse-train (a) and
constant-power pulses (b) were delivered at a radiant exposure of H = 5 J/cm2 and with a
static absorption coefficient of µa = 200 cm
−1.
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Figure V.3: Expanded view of the pressure profile near the surface. Pulse-train (a) and
constant-power pulses (b) were delivered at a radiant exposure of H = 5 J/cm2 and with a
static absorption coefficient of µa = 200 cm
−1.
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Figure V.4: Effect of pulse structure on the ablation threshold. The ablation threshold
extracted from the pulse-train and constant-power pulse depositions are plotted as a function
of the absorption coefficient for a radiant exposure of H = 5 J/cm2. The data points were
fit to a theoretical model of the ablation threshold which was used to calculate the heat of
ablation.
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onset time for the parameters used is τ = 0.57, that is, ablation begins when 57% of the
laser pulse has been delivered. An interesting feature of the traces in Figure V.7 are the
fluctuations that occur near the ablation threshold for longer duration pulses, namely tp =
50 and 1000 ns. These fluctuations occur just prior the onset of ablation and could be due
to relatively large motion occurring below the surface that takes time to reach the surface.
The absolute ablation time was plotted as a function of the laser pulse duration in
Figure V.8. From this plot we can see that the ablation time does increase linearly with
the pulse duration, indicating that ablation begins when a fixed radiant exposure has been
supplied to the sample, regardless of the pulse duration.
V.4 Discussion
V.4.1 Pulse Structure
According to the simulation results in Figures V.2 and V.3, the high frequency, short
duration micropulses from the FEL do not exert a strong effect on the stress profiles that are
produced in the mesh during irradiation. This is primarily because the radiant exposure that
is delivered by a single micropulse is not sufficient to generate a large amplitude response by
itself. Since the small amplitude impulses are delivered at a very high frequency, there is not
enough time between micropulses for significant stress relaxation to occur, so the pressure
build-up from the pulse-train is cumulative in a manner that is similar to the delivery of a
constant-power pulse. This is seen by comparing the rising pressure profile during the pulse-
train delivery (Figure V.3a) to the constant-power pulse (Figure V.3b). A slight modulation
of the pressure profile of the constant-power pulse is visible on a small scale, but this is most
likely due to numerical noise in the computation, rather than the irradiation conditions.
The minimal role of the pulse structure on the ablation dynamics is demonstrated by the
lack of any significant difference in the ablation threshold for the two pulse types (Figure V.4).
It has been postulated that the pressure transients generated by the micropulse structure of
the FEL might alter the ablation dynamics by changing the temperature rise that is necessary
to begin vaporizing water [16]. If this were true, we would expect the ablation onset time to
reflect these dynamic changes, and therefore be manifest in the ablation threshold. However,
we do not see any difference in the apparent threshold for the two pulse types, and must
conclude that the micropulse structure, by itself, does not impact the ablation dynamics.
The ablation threshold from the simulations was fit to a general ablation model for
comparison to previous experimental results. Using Eq. (V.8), the heat of ablation was
calculated to be Wabl = 1570 J/cm
3. This agrees well with experimental measurements,
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Figure V.7: Normalized ablation time for multiple pulse durations. The normalized time
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where the ablation depth in rat dermis was measured over a broad range of wavelengths
using the FEL [16]. The results of the measurements were fit to a steady-state ablation
model that predicted a heat of ablation of Wabl = 1507 J/cm
3.
V.4.2 Dynamic Absorption
The simulation results of the ablation threshold of water for both static and dynamic
absorption models reveal two interesting observations. First, the ablation threshold is con-
stant as a function of radiant exposure for both absorption models. Second, the threshold is
a factor of 2.5 times larger when considering dynamic, rather than static absorption. Both
of these observations can be explained when we consider that the dynamic saturable absorp-
tion model of water simply decreases the local absorption coefficient during the irradiation.
The effect that this has is to increase the amount of deposited energy that is required to
supply the heat of ablation. From a thermodynamic viewpoint, the temperature rise that is
required to induce a phase change, which drives the ablation process, is not influenced by
the absorption coefficient of the material. Therefore, the dynamic changes in the absorption
coefficient only require an increased amount of energy to effect the same temperature rise
that is required by static absorption.
V.5 Conclusions
A developmental set of numerical codes has been used to model FEL ablation of soft
tissue. The effects of the FEL micropulse structure and the dynamic absorption of water on
the ablation threshold were investigated. Within the constraints of the model, it was found
that the FEL micropulse structure exerted no significant effect on the observed ablation
threshold. But, it was found that the dynamic absorption of water may increase the ablation
threshold by as much as a factor of 2.5.
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Chapter VI
Concluding Remarks
VI.1 Summary
The manuscripts presented in this dissertation represent a collection of work that was
aimed to investigate the mechanisms involved in soft tissue ablation with a FEL. Several
techniques were used in the investigations in order to view the processes involved from
different perspectives, ranging from an integrative viewpoint studying the gross effects of the
ablation process over a wide range of parameters, to a detailed view studying the dynamics
of the processes under a small set of conditions.
From an integrative viewpoint, chapter III described the results of the analysis of ablation
craters produced in rat dermis over a wide range of mid-IR wavelengths produced with the
FEL. The results of the analysis were compared to steady-state ablation models that predict
the ablation depth based primarily on the optical properties of the tissue. Several important
results were revealed in this study. First, the ablation process can be described by a steady-
state model over a broad range of wavelengths and tissue absorption coefficients. This is
further supported by the fact that the ablation crater depth decreased for wavelengths with
a large absorption coefficient. This was attributed to attenuation of the incident beam by
ablation debris ejected during the laser pulse. Second, to a first approximation, the ablation
of soft tissue with the FEL is a water absorption dominated process. This is demonstrated
by the analysis of both the ablation threshold and ablation depth, where the measured data
fit theoretical models for both, assuming the optical and thermal properties of water to
be representative of soft tissue. Furthermore, much of the data that did not directly fit
the theoretical predictions could be explained when we considered the dynamic absorption
properties of water. Finally, wavelengths where protein absorption represented a significant
percentage of the total absorption cross section, namely λ = 6.1 and 6.45 µm, were not
consistent with wavelengths where water was the dominant chromophore, that is, the data
from λ = 6.1 and 6.45 µm did not fall on the curves predicting the ablation threshold and
ablation depth, and could not be explained by any of the previous arguments. This suggested
an important role for protein absorption during ablation of soft tissues, which is consistent
with the results of several studies, and warranted further investigation.
Taking a more detailed view of the ablation process, chapter IV investigated the abla-
tion dynamics by measuring the peak pressures generated during FEL irradaition of dermal
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tissue, and comparing the results to theoretical models in order to gain insight into the
role of protein absorption in mid-IR ablation. The experiments were carried out at two
wavelengths: λ = 3.3 µm, for which water is the dominant chromophore in soft tissue, and
λ = 6.45 µm, for which protein is the dominant chromophore. Additionally, two samples
with similar absorption characteristics, but different material properties were studied: rat
dermis, which has protein distributed in the structural matrix of the tissue, and gelatin,
which has protein distributed in small fragments and globular structures that are not capa-
ble of supporting significant stresses. Two important results were found in this study. First,
the ablation dynamics were governed by a steady-state, surface mediated process, regardless
of the chromophore. This was demonstrated by the fact that the surface vaporization model
fit the data for the peak pressure recorded in the ablation plume for both wavelengths and
both samples. This result is consistent with those from chapter III which showed that FEL
ablation of soft tissue can be described by a steady-state model over a broad range of wave-
lengths. A possible explanation for chromophore independence is that the FEL micropulse
structure enhances the surface mediated effect by only removing a fine layer of tissue with
each micropulse once the heat of ablation has been supplied. Second, for λ = 6.45 µm ir-
radiation, where protein absorption is strong, there is a significant decrease in the ablation
threshold of rat dermis, relative to that of gelatin, that is not seen at λ = 3.3 µm where
there is effectively no protein absorption. This suggests that the mechanical strength of the
tissue is being compromised by the targeted destruction of the structural matrix, since in the
gelatin samples the protein is distributed in small fragments and globular structures that are
not capable of supporting stress. This result is consistent with both previous observations
of FEL ablation at λ = 6.45 µm, and those of UV ablation of soft tissues, where protein in
the structural matrix is the chromophore.
Finally, chapter V presents the results of numerical simulations that were performed to
further investigate some of the effects that were observed in the experiments, namely the
dynamic absorption of water and the effect of the FEL micropulse structure. The simulations
were performed by calculating the hydrodynamic response of a sample, coupled with an
equation of state for the material that was irradiated with a time dependent energy source.
Soft tissues were modeled with liquid water which is a good approximation for the optical and
thermal properties. The simulations revealed several interesting points. First, comparing
a pulse train delivery with a constant power pulse of equivalent radiant exposure showed
no difference in the ablation threshold. This does not support an explanation that was
proposed in chapter III for the artificially low heat of ablation. It was postulated that the
micropulses could generate large tensile stresses that would decrease the temperature rise
that was necessary for material ejection to occur. While the simulation results appear to
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eliminate this possibility, they do not show that the micropulse structure has no effect on
the ablation mechanics. Specifically, the model does not incorporate mechanical properties,
such as the tissue material strength, that might be affected by the micropulses. Second, the
simulations showed that dynamic absorption has a strong effect on the ablation threshold,
increasing it by as much as a factor of 2.5 at λ = 2.94 µm. This supports the results presented
in chapter III, which attributed much of the error in the ablation depth data to the dynamic
absorption characteristics of water.
By viewing the results of the studies together, several conclusions can be drawn about
the mechanics of soft tissue ablation with the FEL:
1. The ablation process is steady-state in nature. This fact is supported by all of the
experiments, as well as the model simulations, and is primarily due to the macropulse
duration, which is longer than the requirement for a blow-off situation, but is still short
enough to remain thermally confined.
2. The ablation process is surface mediated in nature, regardless of the chromophore. The
most plausible explanation for this is the micropulse structure, which may enhance
this effect by removing a very fine layer of tissue for each micropulse, once the heat of
ablation has been supplied.
3. Dynamic absorption of water plays a significant role. The ablation depth and threshold
data support this from a qualitative standpoint, and the model simulation results
suggest that the ablation threshold may be increased by as much as a factor of 2.5 at
λ = 2.94 µm.
4. Protein absorption results in the targeted destruction of the tissue structural matrix
at wavelengths where the absorption by protein represents a significant fraction of the
overall absorption cross section, primarily λ = 6.45 µm. This is demonstrated by the
significant decrease in the ablation threshold for dermal tissue, relative to that from
gelatin. This is attributed to denaturation of the protein in the tissue matrix which
compromises the mechanical strength of the tissue.
While the results presented in this work represent a significant contribution to the body of
knowledge regarding soft tissue ablation with the FEL, further work is required to lend more
support to these findings and determine other processes that may play a role.
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VI.2 Future Directions
One area of the research where further work is warranted are the acoustic measurements
presented in chapter IV. Previous studies that have used this technique to measure ablation
dynamics most often used thin film piezoelectric transducers to measure the acoustics stresses
that propagate in the tissue. Furthermore, thin tissue samples are used for the irradiation to
ensure that the signals detected are in the acoustic near-field. For the experiments presented
in this work, the acoustic pressure wave that propagates in air is detected with a piezoelectric
microphone. While it is argued that this signal is representative of the peak pressure in the
expanding vapor plume, it is acknowledged that these signals are in the acoustic far-field,
where other effects including acoustic and geometric attenuation may play a role. A thorough
investigation correlating the near-field acoustic stresses in the tissue to the far-field acoustic
pressure in the surrounding air would give valuable insight into the dynamics involved in
theses regions during material ejection.
The numerical modeling results presented in chapter V represent a solid foundation upon
which significant development can be made. In the simulations, soft tissue was modeled
using an equation of state for liquid water. This is a good approximation when considering
the optical and thermal properties of tissue, but not when mechanical effects such as the
material strength are involved. Recently, improvements in the numerical codes have included
the ability to incorporate the effect of material strength into the model. Coupled with a
modified equation of state, processes such as the targeted destruction of the tissue structural
matrix can be investigated. In the model of explosive vaporization of tissue, material ejection
is thought to commence when the pressure in an expanding subsurface water vapor bubble
exceeds the strength of the structural matrix. By incorporating these effects into the ablation
model, the contribution of explosive processes that are typical of mid-IR ablation with other
sources, can be studied for FEL ablation.
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Abstract
Hollow Wave Guides were evaluated as a beam delivery system for the Free Electron Laser
(FEL) at Vanderbilt in preparation of surgical applications. They can transmit the mid-
infrared wavelength range (2 µm – 9 µm) and tolerate the high peak intensity (> 1014 W/m2)
in the micropulse of the FEL. Changes in the temporal and spatial beam characteristics in-
duced by the transmission through 1.5 meter Hollow Wave Guides with bore radii of 250 µm
and 530 µm were investigated. Temporal broadening of the micro pulses was studied using
intensity autocorrelation measurements and beam profile measurements were performed with
a pyroelectric camera. Results demonstrate significant pulse broadening and development
of higher order modes induced by sub-optimal coupling of the beam into the Hollow Wave
Guide. Bending of the Hollow Wave Guide induced additional losses and reduced propaga-
tion of higher modes responsible for broadening the pulse. Calculations with a geometrical
ray model support the findings on pulse broadening. Optimal coupling conditions are ex-
tremely critical for maximal transmission performance of the Hollow Wave Guide. Design
consequences for a FEL delivery system are discussed.
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A.1 Introduction
The Free Electron Laser (FEL) at Vanderbilt University has a wavelength tunability
range between 2 and 9 µm. In this mid-infrared spectral range, biological tissue shows strong
absorption and therefore selected wavelengths are well suited for efficient and precise tissue
ablation. Previous studies have demonstrated that the FEL tuned to the amide-II band at
6.45 m ablates tissue very precisely [1, 2]. Another wavelength of interest is 2.94 µm where
water has its main absorption peak. Reasonable transmission of both of these wavelengths
with optical fibers is possible: zirconium fluoride or apphire fibers for 2.94 µm and arsenic
selenide or chalcogenide fibers for 6.45 µm. However, none of these materials tolerate the
peak intensity of up to 1014 W/m2 in the unique pulse structure of the FEL (described in
detail in the next section).
Currently, the use of an articulated mirror arm [3] or a Hollow Wave Guide (HWG)
appears to be the only alternative for transmitting the FEL pulses to the operation field.
The articulated arm, although it is fairly well accepted as a surgical beam delivery device
for wavelengths where fiber optics are not amenable (in particular for the CO2 laser), has
severe limitations in surgery with regards to maneuverability and size. The hollow wave
guides have reasonable transmission in the mid-IR range, a high damage threshold, and an
acceptable flexibility [4–6] but suffer from losses induced by bending.
The aim of this study was to evaluate the performance of the HWGs in view of FEL
pulse delivery for surgical applications. Investigations on the micropulse propagation and
the beam profile as a function of coupling conditions were performed to study the temporal
and spatial alteration of the FEL pulses transmitted through the HWG.
A.2 Materials and Methods
A.2.1 Characteristics of the Vanderbilt Free Electron Laser
The Free Electron Laser at the Vanderbilt University is a tunable radiation source with
a wavelength range between 2 and 9 µm [7]. For this study the laser was tuned to a center
wavelength of λ = 2.94 µm (3401 cm−1). The spectral width is 0.8% of the center wavelength
(25 cm−1) and typically showed a shoulder towards the longer wavelength. The beam is
linearly polarized. The FEL operates in a pulsed mode with a pulse repetition rate of
1–30 Hz. One pulse has a unique structure: it consists of a train of ≈ 1 ps micropulses,
separated from one another by 350 ps, together forming a 4 − 5 µs so called “macropulse”.
The radiation is directed from the laser cavity of the FEL to the laboratories and the clinical
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operating rooms within the FEL Center (distance up to 90 meters) using mirrors placed in
an evacuated pipe system. A macropulse energy of around 50 mJ at a wavelength of 2.94 µm
can be delivered to the user.
A.2.2 Pulse width and beam profile measurement
A series of measurements were performed using the setup shown in Figure A.1. The
hollow wave guides used were obtained from the Fiber Optic Material Program at Rutgers
University, Piscataway, NJ. The FEL beam, which has a diameter of 15 mm at a wavelength
of 2.94 µm, was either focussed into a straight HWG, into a HWG that was bent into two
loops (bending radius 9 cm) or was sent directly into the diagnostic setup. For each set of
data a separate reference FEL pulse was characterized with its pulse width and beam profile.
For all experiments a calcium fluoride (CaF2) lens with a focal length of f = 300 mm and a
diameter of 50 mm was used as coupling lens. An aperture placed in front of the coupling lens
allowed changing the beam size, (i.e., change the f-number (f/#) of the coupling system) and
therefore varying the coupling conditions into the HWG. The diameter of the aperture was
either 3, 6, 12 or 15 mm (15 mm corresponds to a totally unblocked beam). The spotsize of
the focussed beam was measured with a scanning knife-edge. Silica glass hollow wave guides
(length l = 1.5 meter) with a bore diameter of 250 µm and 530 µm were placed in the setup.
The thickness of the silver iodide coating of the HWG is optimized to transmit a wavelength
of 2.94 µm with minimal losses [5]. The coupling end of the HWG was placed at the focal
plane of the lens and the tilt angle and x-y displacement of the HWG relative to the beam
axis were adjusted carefully to maximize for power throughput and beam profile quality. The
transmission was measured without the coupling or the collimating lens in the setup and
the input energy was measured behind the aperture which blocked part of the beam (i.e.,
the percentage indicates the losses in the HGW itself). Additionally the polarization state
of the beam was analyzed with a polarizer-analyzer-attenuator (PAZ, II-VI, Saxonburg, PA,
USA).
The beam exiting the HWG was recollimated with a lens, and directed to the beam pro-
filer (Pyrocam I, Spiricon, North Main Logan, UT, USA) or into an optical autocorrelator
setup to measure the micropulse width. Two-photon absorption in germanium (substrate
thickness of 5 mm) at 2.94 µm was used as an optical multiplier for the intensity autocor-
relation [8]. The FWHM pulse width was calculated considering the optical path length
difference in the scanning mirrors and the transmission signal through the two-photon ab-
sorber material. The mean and standard deviation was calculated from eight individual pulse
width measurements. Pulse dispersion induced in the CaF2 lens system was determined to
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Figure A.1: Setup for beam profile and pulse width measurement.
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be negligible (< 0.05 ps) compared to the pulse broadening in the HWG. Beam profiles from
the pyroelectric camera were stored on a computer. The resolution of the camera and the
algorithm to calculate the beam diameter is only accurate for beam diameters larger than
1 millimeter [9]; therefore the images of the beam profiles were taken out of the focus and
are not quantitative. The spotsize diameter of the focussed beam was calculated from the
knife-edge measurement [10].
A.3 Results
In Table A.1 an overview of the parameters used to couple the laser beam into the HWG
is summarized. The f/# is given by dividing the aperture diameter by the focal length
of the lens (f = 300 mm) which was the same for all experiments. The spotsize in the
focus was obtained from the knife-edge measurements and the beam profiles were measured
several centimeters out of the focus. Refraction at the aperture edge caused the beam shape
to change from a clean Gaussian profile (the 15 mm aperture corresponds to the totally
unblocked beam) to an almost flat top or even crown shape profile (profiles at an aperture
diameter of 3, 6 and 12 mm). The symmetry of the profiles are shown as a two-dimensional
(2D) graphs and an intensity profile through the center of this plot illustrates the steep edges
of the profiles. The ratio of the measured spotsize and a 250 µm or 530 µm inner diameter
HWG is listed.
Figure A.2 shows the beam profiles and the micropulse width through a 250 µm bore
size, 1.5 meter straight HWG as a function of the aperture diameter in front of the coupling
lens. The alignment of the HWG with respect to the beam axis was carefully adjusted to
maintain a low order beam profile. The incident FEL shows a clean Gaussian profile and
the autocorrelation of the micropulse reveals a pulse duration of 1.16 ± 0.09 ps (FWHM).
The profiles of the beam exiting the HWG show that a main mode propagates though the
HWG and for an aperture diameter of 3 and 6 mm the mode is squeezed in one direction.
For all the different apertures the micropulse width of the transmitted pulse is maintained
within the accuracy of the autocorrelation setup. At an aperture of 3 mm the error bar is
the largest because the least amount of energy is available to measure the pulse width.
Figure A.3 shows the beam profiles and the micropulse width through a 250 µm bore size,
1.5 meter HWG as a function of the aperture diameter in front of the coupling lens where the
HWG was tilted (+/- 0.9 ◦) and displaced (+/- 30 µm) with respect to the beam axis (thus
“misaligning” the system while maintaining the focussed spot on the waveguide and the still
matching the acceptance angle of the HWG). The incident FEL shows the clean Gaussian
profile and the autocorrelation of the micropulse reveals a pulse duration of 1.18 ± 0.05 ps
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(FWHM). The profiles of the beam exiting the HWG show two main modes that propagate.
The intensity distribution in the two main modes changes relative to each other by increasing
the diameter of the aperture. The intensity in the mode appearing in the upper part of the
pictures is dominating and, therefore, considered as the main mode. The micropulse width
increases from 1.4 ± 0.05 ps for an aperture of 3 mm up to 2.28 ± 0.18 ps for an aperture of
15 mm (i.e., when the whole beam is coupled into the HWG).
In Figure A.4, the transmission value of the 250 µm bore size HWG is displayed as a
function of the size of the aperture in front of the coupling lens. This set of data represents
the transmission measured for the well-aligned mode propagating in the HWG setup shown
in Figure A.2, as well as the misaligned HWG setup shown in Figure A.3. No significant
difference in the transmission of the 1.5 meter HWG was noted for these two setups. A trans-
mission maximum of 54±5 % is found for an aperture diameter of 12 mm which corresponds
to an HWG inner diameter to spotsize ratio of 0.78 (Table A.1).
Figure A.5 shows the measurements of pulse width and beam profile for HWG with a
bore size of 530 µm. The beam profile reveals that many modes propagate through the 1.5
meter straight HWG. Some of the modes maintain their position for the different aperture
diameters, but only change their intensity relative to each other. The pulse duration broadens
up to 1.54 ± 0.14 ps for an aperture of 15 mm. The beam profile of the FEL and its native
pulse width of 0.98± 0.06 ps are displayed for comparison.
The data in Figure A.6 shows the results for the 530 µm bore size, 1.5 meter HWG bent
into two loops (i.e., 720◦) with a 9 cm radius. The beam profiles reveal several modes that
remain almost constant in their position and relative intensity, independent of the aperture.
The micropulse width broadens for each of the different aperture by about 0.2 ps, but the
increasing trend as seen in Figure A.5 is not present.
Figure A.7 shows the transmission values for the 1.5 meter HWG with the bore size of
530 µm. For the straight HWG the maximal transmission is around 83 % for an aperture of
12 mm and decreases to 53 % for an aperture of 3 mm. For the HWG bent into two loops
(radius 9 cm), the transmission was measured to be 53 % for an aperture of 12 mm indicating
the induced bending losses. The transmission decreases to 35 % if the aperture is reduced to
a diameter of 3 mm.
A.4 Discussion
Transmission, autocorrelation and beam profile measurements obtained for different cou-
pling conditions makes it obvious that a precise alignment of the HWG with respect to the
beam axis is critical. A coupling lens with a f/# of 11 is required to match the acceptance
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Table A.1: Overview of the coupling conditions used in the experiments.
 
Aperture Diameter 3 mm 6 mm 12 mm 15 mm 
f/# 100 50 25 20 
Spotsize 624 µ m 281 µ m 195 µ m 125 µ m 
Beamprofile 2D 
 
  
 
Beamprofile 
Trough the center  
 
  
 
Ratio 250 µm HWG 2.5 1.12 0.78 0.5 
Ratio 530µm HWG 1.18 0.53 0.37 0.24 
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Figure A.2: Beam profile and micropulse width measured after transmission through a
250 µm straight HWG. Coupling is aligned for optimal mode propagation.
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Figure A.3: Beam profile and micropulse width measured propagating in a misaligned 250 µm
straight HWG.
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Figure A.4: Transmission through a straight 250 µm HWG (length = 1.5 m).
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Figure A.5: Beam profile and micropulse width measured after transmission through a
530 µm straight HWG.
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Figure A.6: Beam profile and micropulse width measured after transmission through a
530 µm HWG bent through two loops (720 ◦, bending radius = 9 cm.)
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Figure A.7: Transmission through a straight and bent 530 µm HWG (length = 1.5 m, bending
through 2 loops, bending radius 9 cm.)
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angle of the HWG which was determined to be about 2.5 ◦ (half angle). This corresponds
to a numerical aperture NA (equivalent) of 0.044 and was calculated from the beam profile
diameter and the distance between the distal HWG end and the chip of the beam profiler.
In our setup, a single lens with a constant focal length was chosen to investigate the in-
fluence of different f/# and spotsizes in a simple way. These parameters were obtained by
reducing the opening of an aperture in front of the lens. Maximal transmission and best
maintenance of the mode pattern is expected by using a spotsize diameter to HWG bore size
ratio between 0.5 and 0.7 [11]. For a ratio larger than 1 (i.e., if the spotsize is larger than
the bore diameter of the HWG) not all the energy in the beam can be transmitted. This is
indicated by decreased transmission for smaller aperture diameters. The 250 µm HWG has a
lower transmission than the 530 µm HWG because the transmission is inversely proportional
to the third power of the bore radius [5]. Bending losses, which are inversely proportional
to the bending radius, explain lower transmission of the 530 µm HWG bent into two loops.
Misalignment of the HWG with respect to the optical axis had no influence to the transmis-
sion (i.e., if the x-y misalignment was compensated with the angular adjustment) but had
drastic impacts on the mode propagation and micropulse broadening.
The beam profiles through the HWG are often not as clean as the original FEL. The
drastic effect of misalignment is obvious by comparing the results shown in Figure A.2 and
Figure A.3 where the same coupling setup was used. In the smaller HWG, the low order mode
propagation is independent of the aperture diameter. The effect induced by the change of the
incident beam shape from Gaussian to flat top could not be investigated. The transmitted
high-order modes can not be refocused as well as a Gaussian beam profile and this can be a
drawback for interaction processes. Furthermore, it was confirmed that the polarization state
of the beam is not maintained upon transmission through the HWG. Additionally, the modes
are disturbed by misalignment of the coupling system and mechanical stress by pressing and
bending the HWG, which can cause a significant change in the transmitted mode pattern
[12]. The transmitted mode patterns were stable if the HWG lay untouched on the optical
table; however, a movement or rearrangement of the HWG influenced the mode structure
drastically. Using HWGs with a thicker glass wall may overcome this problem and are more
resistant to external forces, but will also be less flexible. The transmitted profiles through
the unit[530]µm HWG are not in agreement with the theory of maintaining the beam shape
optimal and with minimal loss in the HWG if the spotsize to bore diameter ratio is between
0.4 and 0.7 [12]. A low-order mode propagation in the 530 µm HWG was only achievable
with drastic reductions in transmission. The transmitted mode pattern was independent of
the aperture diameter; however, it changed the energy distribution significantly. Since more
modes can theoretically propagate in larger diameter HWGs, these HWGs are more sensitive
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to alignment and the influence of bending and pressing.
Significant micropulse broadening was found if the mode pattern propagating through
a straight HWG consists of several modes. The pulse width increased for larger aperture
diameters and therefore a smaller f/# of the coupling lens. For a reduced aperture, the
contribution of the lower modes to the pulse width is dominant. It is speculated that the
energy distribution in the higher modes is negligible compared to the energy transmitted in
the main modes. The pulse broadening is less dominant if bending the HWG restricts the
mode propagation. Results shown in Figure A.6 demonstrate an almost constant micropulse
width in a bent HWG. This indicates that higher order modes are not propagating in the
HWG, although the beam profile reveals that several lower order modes are propagating in
the HWG. A geometrical ray model explains the significant pulse broadening investigated
for the propagation of several modes. It is assumed that a ray, originating on the edge
of the aperture, undergoes more reflections in the HWG and therefore travels a slightly
longer distance than a ray that propagates on axis through the HWG. The path length
difference is calculated considering the aperture diameter, the focal length and the length
of the HWG. Assuming that the rays are propagating in the HWG with the speed of light
in vacuum, the path length difference is converted to a delay time. In Figure A.8 the
theoretical maximal pulse width increase is compared to the experimental findings. The
experimental data represents the pulse width increase from the measurements shown in
Figure A.3 and A.5 (absolute pulse width minus reference pulse width of the FEL). The
model only predicts results in the right order of magnitude and does not take parameters
like bore diameter, beam profile or bending into account. Therefore, it is not obvious why the
temporal pulse broadening in the 530 µm HWG is not as significant as for the 250 µm HWG.
It is speculated that the higher order modes may not propagate in the HWG and, therefore,
do not transmit enough energy, which can contribute to a pulse broadening. The lower order
modes do not undergo as much path length difference and, therefore, the pulse length is
shorter for micro pulses traversing the 530 µm HWG. The pulse broadening mechanism is
explained by the propagation of transverse modes. Propagation of these mode structures can
induce pulse broadening on the order of pico seconds. The accuracy of the autocorrelation
setup and the fluctuations in the FEL (with the not bandwidth-limited pulses) did not allow
the investigation of broadening mechanisms for single-mode propagation in HWG. The
structural dispersion of the wave guide will broaden single-mode propagating pulses but
should be investigated with femtosecond pulses.
Optimal performance of the HWG is only possible with optimal coupling conditions. A
design for a coupling system for HWGs with different bore diameters (and adaptable to use
with different wavelengths delivered from the FEL) must be considered to match the spotsize
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Figure A.8: Pulse broadening caused by propagation of a 1 ps FEL micropulse through
1.5 m HWG. Shown are the results of waveguides with bore sizes of 250 µm and 530 µm, and
theoretical pulse broadening based on a simple theoretical model.
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to bore diameter ratio of 0.5–0.7. Furthermore, a precise alignment of the HWG with respect
to the optical axis is essential. The results of this study need to be taken into account for
the design of a surgical probe [13]. Alteration of the FEL pulses propagating in HWGs is
critical in terms of specifying the laser parameters delivered through a surgical probe. An
increase in the micropulse duration by a factor of 2 reduces the pulse intensity (and thus
peak power and peak radiant exposure) to half its original value. This needs to be considered
if the underlying physical process in the laser-target interaction is not simply based on an
average energy deposition value (e.g., threshold and break-down effects often correlates with
the peak intensity rather than the average power of the incident pulse). Design consequences
involve good protection of the HWG against mechanical stress. The HWG must be mounted
in a way that does not degrade pulse propagation.
A.5 Conclusion
This study has demonstrated how critical the beam coupling setup for a HWG is for
the delivery of a clean Gaussian pulse. Investigations on pulse broadening, propagated beam
profile, and transmission measurements revealed induced changes on three critical parameters
for interaction processes. Calculations based on a geometrical model delivers estimation of
pulse broadening through a HWG at the right order of magnitude. The coupling condition1s
should be as ideal as possible, which will result in one single mode propagating through the
HWG with maximal transmission.
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